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ABSTRACT

Hydrocephalus is among the most common birth defects and may not be prevented nor

cured. Afflicted individuals face serious issues, which at present are too complicated and

not well enough understood to treat via systematic therapies. This dissertation presents

the development of a framework to guide clinical measurements, direct the subsequent

processing of acquired data sets, provide physically significant interpretations of derived

quantities, and interrelate the various clinical quantities through conservation equations.

The goal of this research is to provide a first principles framework to integrate a broad

spectrum of sometimes disparate investigations into a highly complex, multidisciplinary

problem. In order to accomplish this task, we propose a systems level fluid dynamics

based approach to studying hydrocephalus; a complex spectrum of neuropathophysiolog-

ical disorders primarily defined by enlarged cerebral ventricles and increased intracranial

pressure. Previous modeling approaches have proven to be either overly simplified, ex-

cessively detailed, decidedly non-physical, or dependent upon analogies that make trans-

lation between model and clinic difficult. Integral control volume analysis utilizes a fun-

damental, fluid dynamics methodology to quantify intracranial dynamics within a precise,

direct, and physically meaningful framework. The method is introduced as it relates to

intracranial control volumes and applied in an in vitro and in vivo study. Flow phantom

experiments confirmed that control volume analysis is a viable approach and provides a

method to estimate pressure differentials non-invasively by processing of velocity data.

A chronically shunted, hydrocephalic patient in need of a revision procedure was used

as an in vivo case study. Magnetic resonance velocity measurements within the patient’s

aqueduct were obtained in four biomedical state and were analyzed using the methods

presented in this dissertation. Distinct pressure force estimates were obtained, with am-

plitude, phase, and shape differences observed, related to the particular intracranial state.

use of control volume methods in the future will provide further insight and understanding

into CSF pressure, volume, and flow abnormalities of the intracranial space.

xii



CHAPTER 1
Introduction

Hippocrates (460-375 BC) was credited with tapping the ventricles in hydrocephalus, and

hence the presence of water on the brain was known to ancient physicians in patholog-

ical cases. However, no evidence suggests the ancients knew of brain fluid in normal

individuals. Erasistratus of Julis (330-250 BC) described four cavities of the brain, but

no fluid was discussed [1]. Both Hippocrates and Galen (130-200) described fluid sur-

rounding the brain and residing within the ventricles. Galen attributed discovery of the

choroid plexus of the cerebral ventricles to Herophilus (335-280 BC) who named them

the chorioid menix and to Rufos of Ephasus who suggested the outer (ependymal) layer

of the choroid plexus be termed the chorioid tunic [2]. In spite of their observations and

reports, these facts were lost amongst anatomists for the next sixteen centuries [3].

Leonardo da Vinci (1452-1519) illustrated the intracranial anatomy based on the

descriptions of Avicenna [4]. The ventricles were the only brain structures shown and

were illustrated as three aligned cavities connected by constrictions. Later, da Vinci re-

fined his representation of the ventricles by injecting the brain with wax [4]. Writings by

Varolius (1543-1575) insist brain fluid, not pneuma (i.e. vapor) as was accepted at the

time, filled the ventricles [1]. Thomas Willis (1621-1675), in 1664, described a liquid

in the aqueduct of Sylvius and alteration of its consistency in meningitis [3]. Emanuel

Swedenborg (1688-1772) summarized observations of his medical investigations on the

brain, spinal cord, and blood circulation between 1741-1744, however, his work was for-

gotten until 1887. Albrecht von Haller (1708-1777) in 1747 showed that water in the

brain was secreted in the ventricles and absorbed in the veins; hydrocephalus was viewed

as an excessive secretion of the fluid [3].

The discovery of cerebrospinal fluid is commonly attributed to Domenico Contugno

(1736-1822) who recognized, in 1774, that the cerebral ventricles were filled with a fluid

and not vapor [1,5]. However, many historians do not share this view. Hajdu [3] disagrees,

* Portions of this chapter previously appeared as: B. Cohen, A. Voorhees, S. Vedel, and T. Wei. De-
velopment of a theoretical framework for analyzing cerebrospinal fluid dynamics. Cerebrospinal Fluid
Research, 6(12), 2009.
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stating that cerebrospinal fluid was not mentioned by Contugno in human, only fish and

turtles in 1784.

Francois Magendie (1783-1855) conducted experiments on live animals to study

properties of the cerebrospinal fluid. Magendie recognized the protection the brain and

spinal cord derived from the liquid surrounding them and opened the investigation of

cerebrospinal fluid in health and disease [1, 3]. He also established that cerebrospinal

fluid moves by ebb and flow [6]. The foramen of Magendie, an opening in the roof of the

fourth ventricle communicating with the subarachnoid space, is so named in honor of his

discoveries.

In 1891, W. Essex Wynter (1860-1945) tapped the spinal subarachnoid space to

treat tuberculous meningitis and Heinrich Quincke (1842-1922) popularized lumbar punc-

ture for diagnostic and therapeutic purposes [3]. Quincke used the technique of spinal

puncture to measure the fluid pressure and determine its chemical composition [1]. In

1912, William Mestrezat (1883-1928) determined the chemical composition of the cere-

brospinal fluid more accurately, and in 1914, Harvey W. Cushing (1869-1939) provided

conclusive evidence the choroid plexus produces cerebrospinal fluid [3]. These experi-

ments brought in the modern era of cerebrospinal fluid investigations.

1.1 Physiological overview
Improvements in clinical observations and techniques have provided a significant

improvement in understanding of the intracranial physiological over the past half century.

Improved measurement techniques now allow dynamic imaging of the brain, blood, and

CSF, which have been used to inform clinical diagnosis, treatment, and assessment of

disorders such as hydrocephalus. These forms of clinical information were unheard of

a century ago when the initial hydrocephalus investigations first took place. This sec-

tion introduces cerebrospinal fluid, circulation of the fluid, formation and absorption of

the fluid, hydrocephalus and treatment options, and past experiments and models of the

intracranial space.
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1.1.1 Cerebrospinal fluid and system

The central nervous system (CNS) consists of the brain and spinal cord which are

bathed in a clear, nearly cell-free fluid termed cerebrospinal fluid (CSF). CSF resides in

the cortical and spinal subarachnoid spaces (SAS) surrounding the brain and spinal cord,

respectively, and in four fluid-filled cavities within the brain, known as the cerebral ven-

tricles. Figure 1.1 illustrates plates from Gray’s Anatomy of the Human Body [7] that

show the ventricular system and its relation to the brain. Top and side view drawings

of ventricular castings are shown. The ventricular system consists of the paired lateral

ventricles, a midline third ventricle, the cerebral aqueduct, and a forth (midline) cerebral

ventricle. The lateral and third ventricles communicate anteriorly through the paired in-

terventricular foramina of Monro, Figure 1.1(c) and 1.2(a). CSF within the ventricles and

SASs (including the central canal of the spinal cord) freely communicates through three

foramina (openings) in the brain, the midline foramen of Magendie and the paired lateral

foramina of Lushka [8]. The foramina of Lushka open into the pontine cistern (cisterna

pontis) at the angle between the pons and medulla, Figure 1.2(b). The midline foramen

of Magendie opens into the cisterna magna (Figure 1.2(b), cisterna cerebellomedullaris),

and is depicted in Figure 1.2(c) by the arrow. Cisterns are expansions of the SAS [9].

CSF and interstitial fluid in the brain have similar chemical composition and rapidly

diffuse and mix across the outer surface of the brain [10]. Within the CNS, the volume

of interstitial fluid is twice that of the CSF [10]. Therefore, for ease of accounting, fluid

within the brain tissue (i.e. parenchyma) defines interstitial fluid (i.e. extracellular fluid),

while fluid outside of the brain’s tissue defines CSF. Fluid within the ventricles is CSF by

this definition. The accepted density of CSF in humans is ρCS F = 1.004−1.007 g/cm3 [8],

slightly greater than the density of water at body temperature (37 ◦C) 0.993 g/cm3 [11] and

the nominal density of 1 g/cm3. Levinson [1] provides an extensive catalog of measured

values for several physical properties of the CSF. Values of the CSF density and viscosity

found in the literature are shown in Table 1.1. The dynamic viscosity is given in units of

centipoise, cP = 0.01 g/cms. The average volume of CSF (in humans) is approximately

120 − 150 mL [10] with about 15 − 40 mL in the ventricular system and approximately

75 mL in the spinal SAS [8].

The primary mechanical role of CSF is providing support, protecting the brain from
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(a)

(b) (c)

Figure 1.1: Anatomy of cerebral ventricular system. (a) Schematic showing rela-
tions of the ventricles to the surface of the brain. (b) Drawing of a cast of the ven-
tricular cavities, viewed from above. (c) Drawing of a cast of the ventricular cavities,
viewed from the side. Plates in (b) and (c) are attributed to Retzius. Reproductions
of lithograph plates from [7].
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Table 1.1: CSF density ρCS F and viscosity µCS F values from the literature.

Reference ρCS F [g/cm3] µCS F [cP]
Alperin et al. [12] 1.0007 1.1
Ambarki et al. [13] – 1.0
Bruni [8] 1.004-1.007 –
Jacobson et al. [14] 1.0 1.0
Levinson [1] 1.0064-1.0070 1.0424-1.0489
Linninger et al. [15] 0.9982 1.003
Loth et al. [16] 1.0 1.0
Zhu et al. [17] 1.004-1.007 1.0
Water, 37 ◦C [11] 0.993 0.691
Water, nominal [11] 1 1

rapid movements and trauma, and transmitting arterial volume displacement to venous

blood which attenuates the intracranial pressure (ICP) pulse [18]. The net gravitational

force on the brain is reduced by nearly 97% when submerged in CSF [10]. In addition,

CSF serves a transport function for the cells of the CNS by carrying nutrients to them,

providing a medium for hormones and neurotransmitters to move about the CNS, and

acting as a “sink” for metabolites of the CNS cells [8, 19, 20]. Ionic concentration and

compositional changes of the CSF may affect neuronal activity and therefore heart rate,

pulmonary ventilation, cerebral blood flow, blood pressure, vasomotor reflexes, gastric

motility, muscle tone, and emotional state [8, 21]. For example, CSF pH is closely mon-

itored by chemoreceptors of the medulla oblongata to control respiration [20], such that

a meager drop in CSF pH of 0.05 results in an order of magnitude increase in ventila-

tion [19]. CSF ensures a stable ionic environment for the normal transmission of nerve

impulses throughout the CNS [22] and maintains the local environment for the cells of

the CNS [8]. The electrical conductivity of CSF being two and a half times greater than

the conductivity of the blood [23].

1.1.1.1 Intracranial dynamics

Intracranial dynamics is defined as the complex physical coupling between the brain

and the cerebral blood and CSF flows and pressures (see Refs. [10, 24, 25]). A departure

from equilibrium intracranial dynamics may lead to hydrocephalus, a complex spectrum
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(a)

(b) (c)

Figure 1.2: Anatomy of cortical cisterns. (a) Median sagittal section of brain. The
relations of the pia mater are indicated by the red color. (b) Diagram showing the po-
sitions of the three principal subarachnoid cisternæ. (c) Schematic of roof of fourth
ventricle. The arrow is in the foramen of Magendie. Reproductions of lithograph
plates from [7].
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of neuropathophysiological disorders, primarily defined by CSF accumulation within the

cerebral ventricles and elevated ICP [8]. The flow of CSF is commonly decomposed

into bulk and pulsatile components, which occur over very different time scales. Bulk

circulation, production, and absorption take place over minutes (to hours) while pulsatile

CSF flow occurs on millisecond (to second) time scales [26].

The conventional view of CSF bulk circulation, Figure 1.3, is flow from produc-

tion sites, predominantly the choroid plexus within the ventricles, to absorption sites,

the pacchionian granulations (arachnoid villus), in the cervical subarachnoid space [10].

Arrows illustrate primary routes of flow in the ventricles and cortical SAS according to

the bulk flow theory. CSF reabsorption occurs solely at the convexity into the venous

sinuses as shown. Bulk flow (0.36 mL/min in the aqueduct from Ref. [14]) is driven

by the slight pressure drop from the production sites to the absorption sites, termed the

transmantle pressure (i.e. pressure difference between the ventricles and the convexity

SAS) [27]. Within the bulk flow theory the CSF formation and absorption rates equal

the bulk flow rate in normal intracranial dynamics, so that CSF volume remains constant.

Hydrocephalus is explained as an imbalance between CSF production and absorption

causing an accumulation of CSF within the ventricles with narrowed SASs. This pattern

of brain deformation would seem to indicate a regional force directed from the ventricles

towards the SAS. Some investigators believe ventriculomegaly (i.e. ventricular dilation)

may be explained by an increased transmantle pressure, however in vivo measurements

have proved inconclusive [10, 18, 28].

Bulk flow theory was the mainstay of hydrocephalus understanding for most of the

20th century, because measurements of production and absorption, pressure, flow, and

volume were more readily obtained in an average sense [29]. In addition, bulk flow the-

ory makes the pathophysiology of hydrocephalus easy to understand and explain briefly.

However, in the last few decades, flow-sensitive magnetic resonance (MR) imaging has

shown that nearly all CSF motion is pulsatile [18]. Pulsatile CSF flow is predominantly

due to fluctuating intracranial vascular volume and pressure, which periodically displaces

CSF across the cervio-cranial junction synchronous with the cardiac cycle [6, 10, 12, 18].

Egnor et al. [18] estimate the ratio of maximal kinetic energy in pulsatile to bulk CSF flow

to be on the order of 105. Currently, there is much debate in the hydrocephalus community
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Figure 1.3: The locations of the choroid plexuses and the distribution of CSF in the
human brain. The CSF is shown as the stippled area and the choroid plexuses are
shown as the solid black structures. From [20].

if the bulk flow description is adequate to explain the disorder. Numerous investigators

are now focusing on the pulsatile component of CSF flow as a possible pathogenesis of

hydrocephalus [10, 18, 29, 30].

The bulk flow theory has been unable to adequately explain ventriculomegaly in

communicating hydrocephalus (defined in Section 1.1.2) as an obstruction to outflow at

the arachnoid granulation [10, 24, 31]. Indeed, Greitz [10] points out that no mechani-

cal valve mechanism has been associated anatomically with the arachnoid granulations,

one of the basic tenets of the bulk flow theory. Explanations of hydrocephalus in light

of the pulsatile nature of CSF flow have primarily followed the reasoning that decreased

intracranial compliance, hyperdynamic choroid plexus pulsations, or redistributed pul-

satility in the brain capillaries causes ventricular enlargement [10,24]. Greitz [10] prefers

the term “transmantle pulsatile stress” over “transmantle pressure gradient” to emphasize

the dynamic nature of brain deformation via “self-compression of the brain against the
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ventricular system during each systole”. Along with ventricular dilation, periventricular

oedema, reduced cerebral blood flow, CSF malabsorption, ICP waves, increased vascu-

lar resistance, decreased intracranial stroke volumes, and hyperdynamic intraventricular

CSF flow have been explained by decreased intracranial compliance [10]. At decreased

intracranial compliance the elastic extracerebral arteries can no longer expand leading

to a breakdown of the intracranial windkessel mechanism (i.e. arterial expansion during

systole stores hydraulic energy which is released in diastole creating steady flow at the

capillary level) [10, 18].

An important aspect of intracranial dynamics is the cerebral blood flow and venous

return, which supplies the driving force for the pulsatile (e.g. derived from pulsatile blood

flow) and bulk flow (e.g. by vascular production and absorption mechanisms) of CSF.

Within the cerebral circulation, the venous compartments contains two to three times as

much blood as is found in the arteries [23]. The brain tissue as a whole requires about

fifteen percent of the cardiac output and consumes a quarter of the oxygen at rest, which

is significant considering it only weighs two percent of the organism [23].

The blood supply to the brain is provided by the internal carotid arteries (ICAs)

and the vertebral arteries [9, 26]. The ICAs are a terminal branch of the common carotid

arteries while the vertebrals branch from the subclavian arteries. As illustrated in Figure

1.4, the ICAs enter the cranial cavity through the carotid canal in the temporal bone and

the vertebral arteries enter through the foramen magnum, the large opening at the skull’s

base. The vertebral arteries continue towards the lower border of the pons where they

unite to form the basilar artery, shown clearly in Figure 1.5. These separate supplies, the

ICAs and the vertebrobasilar system, meet at the base of the brain via the arterial Circle

of Willis, Figure 1.5(a), which helps equalize blood flow to the brain [32]. The Circle of

Willis is formed by the anterior and posterior communicating and proximal portions of

the anterior and posterior cerebral arteries as shown in Figure 1.5(b).

The primary route of egress for cerebral blood is through the numerous cerebral

veins, which are either direct or indirect tributaries of the dural venous sinuses, Figures

1.6. The transverse (lateral), superior and inferior sagittal, superior and inferior pentrosal,

occipital, and straight sinuses are shown in Figure 1.6(b). The occipital, straight, superior

sagittal, and lateral sinuses meet at the confluence of sinuses (torcular herophilis, Figure
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Figure 1.4: Anatomy of cerebral blood supply. The internal carotid and vertebral
arteries, right side. Reproduction of lithograph plate from [7].

1.6(b)) at the rear of the cranium [32]. The lateral sinuses travel around the back of the

skull, meet the sigmoid sinuses and exit the skull through the jugular foramen to become

the internal jugular veins [9]. A majority of cerebral blood leaves the cranium by way of

the internal jugulars, however secondary venous outflow pathways, such as the epidural,
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(a) (b)

Figure 1.5: Anatomy of cerebral arteries. (a) The arteries of the base of the brain.
The temporal pole of the cerebrum and a portion of the cerebellar hemisphere have
been removed on the right side. (b) Diagram of the arterial circulation at the base
of the brain. A.L., Antero-lateral; A.M., Antero-medial; P.L., Postero-lateral; P.M.,
Posteromedial ganglionic branches. Reproductions of lithograph plates from [7].

vertebral, deep cervical, and ophthalmic veins, also provide routes for venous outflow

from the brain [26]. Several investigators have compensated for unobserved venous flow

by scaling the jugular flow to match the net arterial inflow [33, 34] or stipulating that

the net transcranial flow of arterial and venous blood and CSF is zero over the cardiac

cycle [12].

1.1.1.2 Production and absorption

The generally accepted view of CSF bulk flow is dependant on the production and

absorption rates. Within normal individuals approximately 500 mL of CSF is produced

(and absorbed) each day (equivalent to 0.35 mL/min, which nearly matches bulk flow

in the aqueduct, Section 1.1.1.1), recycling approximately three times the total CSF vol-

ume per day [8, 10]. Based on the anatomical location and specialized structures of the
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(a)

(b)

Figure 1.6: Anatomy of cerebral veins and sinuses. (a) Superior sagittal sinus laid
open after removal of the skull cap. The chordæWillisii are clearly seen. The venous
lacunæare also well shown; from two of them probes are passed into the superior
sagittal sinus. (Poirier and Charpy.) (b) Sagittal section of the skull, showing the
sinuses of the dura. Reproductions of lithograph plates from [7].
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choroid plexus (CP) and the relative compositions of blood and CSF (see Table 1.2), it

is widely believed that anywhere between 70 − 90% of CSF is produced from blood by

an energy requiring process associated with the choroid plexus epithelium (CPEp) [35].

The remainder is believed to diffuse through the blood-brain barrier (i.e. brain capillary

endothelial cell tight junctions), which has a low permeability to lipophobic molecules

(e.g. water, ions, and some proteins) but a large surface area of transfer (i.e. the cerebral

capillary bed) to compensate [22].

(a) (b)

Figure 1.7: Anatomy of choroid plexus. (a) Tela chorioidea of the third ventricle,
and the choroid plexus of the left lateral ventricle, exposed from above. (b) Velum
interpositum. (Poirier and Charpy.) Reproductions of lithograph plates from [7].

The CPEp is one of the most effective secretory cell lines in the body. An estimated

10% of the blood flow entering the CP, through the choroidal arteries (branching from the

ICAs), will be secreted as CSF [19]. Figure 1.7 shows the CP of the lateral ventricles,

however the CP is present within all the ventricles of the brain as illustrated in Figure

1.3 [8, 20]. Fluid is transported across the CPEp at a rate of between 0.2 − 0.4 mL/min

per gram of tissue [19], with a similar range being measured in other mammals from cats

to calfs [36]. The adult human CP has an average mass of approximately 2 g [20].

Early examinations of CSF production in humans were based on the dilution of

radioactive tracers during ventriculolumbar perfusion. These experiments enabled esti-
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Table 1.2: Composition, pH, and osmolarity of the CSF, plasma, and CPEp cells.
Values for CSF and plasma were obtained in dogs and rabbits [19, 20]. Protein con-
tent was obtained in rabbits [20] and intracellular ionic composition was obtained
in rats [19]. The concentration of the components in bold type are regulated by the
CP [20].

CSF plasma cell
[Na+] (mM) 151.3 155.0 45
[K+] (mM) 2.98 4.57 148
[Mg2+] (mM) 1.0 0.7 -
[Ca2+] (mM) 1.4 2.9 -
[HCO−3 ] (mM) 25.8 26.2 12
[Cl−] (mM) 132.5 121.0 65
Glucose (mM) 4.2 6.3 -
Amino acids (mM) 0.8 2.3 -
Protein (mg/100g) 25 6500 -
pH 7.42 7.42 7.05
Osmolarity (mOsM) 305.2 299.6 -

mates of the CSF production rate (∼ 0.30 − 0.36 mL/min), but were unable to isolate the

production to any particular site [36, 37]. Even so, the generally held view at the time,

and still today, is that the CP is the main site of production and the arachnoid villi are

the main sites of absorption, however the absorption mechanism has often been called

into question [10, 31]. Results from CSF perfusion experiments supported the idea that

CSF production was independent of ICP within normal ranges (0 − 200 mmCS F), Fig-

ure 1.8 [36]. More recent studies found there may be a significant circadian variation in

humans, with an observed nocturnal maximum formation rate approximately twice the

average daytime value [8].

Subsequent studies sought to find the underlying mechanisms responsible for con-

verting blood into CSF. Working within the basic CSF bulk flow framework, the CP be-

came the site of intense interest within the neuroscience community. Anatomical and

histological studies have shown complex multi-scale structure of the CP. At the larger

scales the CP is highly fenestrated, turning in and out and containing many ripples at the

surface to increase the CSF transfer area, as observed in scanning electron microscopy im-

ages of the monkey CP, Figures 1.9(a) and 1.9(b). Moving to smaller scales the individual
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Figure 1.8: CSF formation and absorption as a function of pressure. Superimposed
regression equations and lines for CSF formation Ie

f and absorption Ia as a function
of outflow pressure, P. The intercept Peq (112 mmCS F in Ref. [36]) indicates the
pressure at which formation and absorption are equal. The pressure at which ab-
sorption is zero, the opening pressure Pd, is also indicated. Cutler et al. [36] found the
opening pressure to be 68 mmCS F, approximately the sagittal sinus pressure. The
slope of the absorption curve is 1/Ra = 0.0076 (mL/min)/mmCS F. Based on [36].

CPEp cells become visible as small bumps on the CP surface, Figure 1.9, approximately

7−11 µm in diameter [2]. At even smaller scales a dense forest of microvilli project from

the apical (ventricle facing) surface, Figures 1.9(c) and 1.9(d), substantially increasing

the surface area of the cellular membrane. This layer of microvilli has been termed the

brush border, which is approximately one micron thick, with individual microvilli having

diameters on the order of hundreds of nanometers. It is within the membrane of CPEp

cells, that a specialized set of proteins form a distinct distribution of channels, pores, and

pumps that are responsible for mediating CSF production and maintaining, within tight

limits, the composition and other physical properties of CSF [19].

CSF cannot be a simple filtrate of the blood plasma for several reasons. For one,

CSF is approximately 5 mOsM hypertonic to the plasma, Table 1.2, and CSF production

occurs with a net transfer of Na+, Cl−, HCO−3 , and H2O from the CP to the CSF and an
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(a) (b)

(c) (d)

Figure 1.9: Scanning electron microscopy of the choroid plexus. (a) and (b) Choroid
plexus of the lateral ventricles showing a series of longitudinal folds with variable
extensions. Its surface shows spherical protrusions that correspond to the choroid
cells (arrows). Notice the presence of free cells resting at the surface of the choroid
epithelium (k). (a) 74x and (b) 106x. (c) Surface of the choroid cells in a larger
increase. Each cell is projected in the luminal surface in domed form, presenting
some cilia (c, in figure) and a great number of fine microvilli (m). Electron-dense
areas corresponding to the junction places among the choroid cells (*). 682x. (d)
Details of a cell of the choroid epithelium. Electron-dense areas corresponding to
the junction places among the choroid cells (*). Microvilli (m). 2304x. From [2].
As reproduced, the magnification of these images are approximately, 43x, 62x, 397x,
and 1341x, respectively.

oppositely directed transfer of K+ [20]. In addition, a 5 mV lumen (CSF side) positive

potential difference and approximately a 15 mmH2O (∼ 150 Pa) pressure drop across the

CPEp cells going from blood to CSF provide driving forces for transport [19]. The blood-

CSF barrier (i.e. the CPEp) effectively blocks the passage of proteins from the plasma to

the CSF. Typical protein concentrations in CSF are a meager 0.3−0.4% [10] of that found

in the plasma with clear relations existing between molecular size and lipid solubility to
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barrier permeability [22]. Over the last two decades, molecular biological methods (e.g.

immunocytochemisty, immunohistochemical localization, real-time polymerase chain re-

action, in situ hybridization, etc.) have found a specific distribution of transport proteins

in the CPEp cell membranes which may account for the observed transepithelial flux of

water and ions [19, 20].

To date, a number of transport proteins have been found to reside in the CPEp

cells’ membranes, with a total of eleven transporter families representing approximately

30 individual proteins. Nearly half this amount were found at moderate to high levels in

the CP and eight were specifically expressed in either the apical or basolateral membranes

[19]. The precise distribution of membrane proteins facilitating transport in the CP does

not follow functional patterns and distributions elsewhere in the body. Generally, protein

localization is reversed in the CP when compared to similar cells of the liver, kidney,

and brain (i.e. the localization from the apical to basolateral membranes are essentially

reversed). These observations show the importance of expression, density, and polarized

distribution of membrane transport proteins in the specific mechanisms of CSF production

by the CPEp.

The mechanisms by which CSF is absorbed into the vascular system has been much

more controversial than the production mechanism. Results of perfusion experiments,

Figure 1.8, indicated that absorption was zero until ICP increased above 68 mmCS F, ap-

proximately the superior sagittal sinus (SSS) pressure, and had a linear relation between

absorption and pressure at higher pressures [36]. This absorption-pressure relationship

strongly supported the standard view of CSF bulk flow, particularly a “valve-like” ab-

sorption mechanism associated with the arachnoid villi [38]. Figure 1.10 shows the mem-

branes of the brain and their relation to the cortical SAS and SSS. The arachnoid gran-

ulation are macroscopic aggregations of arachnoid villi, which are microscopic tufts of

pia-arachnoid mater that project into venous channels at the CSF-vascular interfaces [8].

Venous lacuna, Figure 1.6(a), also contain arachnoid villi and may provide a route for

CSF absorption into the venous system [8]. However, several investigators question that

the majority of CSF returns to the blood through arachnoid villi, instead, they state, the

major route of absorptive transport is through the brain’s capillaries or lymphatic ves-

sels [8, 10, 39]. Greitz [10] reevaluated results of a 24 hour convexity maximum at ra-
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dionuclide cisternography based on pulsatile flow and noted the well-documented fluid

exchange across the brain capillaries in coming to this conclusion. In this mode, CSF

absorption is viewed as a distributed process happening throughout the capillaries of the

CNS and SAS. Greitz [10] provides ample evidence that diffuse reabsorption through the

CNS capillaries is sufficient to clear CSF produced by the CP. Koh et al. [39] provide a

comprehensive review of previous studies which addressed the role the lymphatic system

plays in the absorption of CSF.

New interpretations of CSF dynamics, in which pulsatile CSF flow dominates and

diffuse absorption into the CNS capillaries, or lymphatic vessels, replaces the generally

accepted view of pressure dependant absorption at the arachnoid granulations, are lead-

ing many investigators to rethink their understanding of hydrocephalus. Indeed, Penn et

al. [28] notes that at present the causes of ventricular dilation in hydrocephalus remain

controversial in spite of decades of study and debate, while Madsen et al. [29] recognizes

the opportunity to elucidate intracranial dynamics more generally in the physiology of

hydrocephalus.

Figure 1.10: CSF absorption and membranes at convexity SAS. Diagrammatic rep-
resentation of a section across the top of the skull, showing the membranes of the
brain, etc. (Modified from Testut.) Reproduction of lithograph plate from [7].
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1.1.2 Hydrocephalus classification

Consensus on a clear cut definition and classification system for hydrocephalus

and related disorders has yet to be recognized within the hydrocephalus clinical and re-

search communities [31, 40]. Much of the difficulty stems from a lack of fundamen-

tal understanding of normal intracranial dynamics and deviations which lead to hydro-

cephalus, a spectrum of disorders ranging from pseudotumor cerebri to low-pressure hy-

drocephalus [31]. The presentation of enlarged ventricles and elevated ICP is only one

manifestation of disorder. Figure 1.11 schematically represents the relative intracranial

pressure (ICP) and volume (VCS F) abnormalities associated with hydrocephalus and re-

lated disorders.

Figure 1.11: Schematic classification of the relationship between intracranial CSF
volume VCS F and ICP in hydrocephalus and related disorders. The origin represents
the normal intracranial state in an average healthy individual. HC - hydrocephalus.

Diagnosis of hydrocephalus is typically informed by symptoms and results from

clinical exams using non-invasive neuroimaging techniques to determine volume, veloc-

ity, and/or flow patterns or quantities derived from these measurements (e.g. Evan’s ra-
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tio, peak velocity, stroke volume, etc.). In some cases invasive ICP monitoring may be

used to obtain a more complete neurological assessment of the intracranial biomechani-

cal state [41]. Still, the diagnosis and treatment of hydrocephalus is hindered by a lack

of systemic understanding of the interrelationships between pressures and flow of CSF in

the brain.

Within the bulk flow theory, hydrocephalus was explained as an imbalance between

CSF production and absorption, causing an accumulation of CSF within the ventricles.

This theory was based, in part, on the experiments by Dandy and Blackfan [42] who

discussed the subdivisions of hydrocephalus, between internal and external, acute and

chronic, and congenital and acquired, and note that there is no single standard of defi-

nition, obscuring pathogenesis of disorder. Indeed, these subdivisions are not mutually

exclusive, with chronic internal hydrocephalus (congenital or acquired) being the most

common form observed by Dandy and Blackfan [42].

Based on bulk flow theory, obstructions to CSF flow, either inside or outside the

ventricular system, typify obstructive (non-communicating) and communicating hydro-

cephalus, respectively [8]. The term communicating here refers to the direct fluid con-

nection between the entire ventricular system and the spinal SAS on dye infusion tests.

Obstructive hydrocephalus results in a state of elevated ICP, which causes symptoms such

as headache, nausea, vomiting, drowsiness, and decreased consciousness, while in com-

municating hydrocephalus these symptoms are primarily due to decreased intracranial

compliance and cerebral blood flow [10].

Rekate [40] presents an extensive review of past definitions and classifications of

hydrocephalus and highlights many of the issues associated with reaching consensus on

these topics. Therein, Rekate proposed the following definition as a prototype to stimulate

future discussion: “Hydrocephalus is an active distension of the ventricular system of the

brain resulting from inadequate passage of CSF from its point of production within the

cerebral ventricles to its point of absorption into the systemic circulation.”

Greitz [10] proposed a new classification of hydrocephalus, into acute and chronic

varieties. Acute hydrocephalus is the result of intraventricular obstruction (currently

termed obstructive hydrocephalus). Chronic hydrocephalus consists of two subtypes,

communicating and chronic obstructive hydrocephalus. Both types of chronic hydro-
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cephalus are associated with decreased intracranial compliance which causes pulsatility

within the brain capillary bed to increase, eventually leading to ventriculomegaly [10].

1.1.3 Primary treatment options

Hydrocephalus is a condition with no known method of prevention, nor has a cure

for hydrocephalus been found to date. There currently exist two primary treatment op-

tions for patients with hydrocephalus, shunting and endoscopic third ventriculostomy,

however patients with communicating hydrocephalus may also be treated by posterior

fossa decompression [10]. Background and current state of the art for the shunting and

endoscopic third ventriculostomy procedures are discussed briefly below.

1.1.3.1 Shunt procedure

Since their invention by a lay machinist in the 1950’s shunts have been the primary

treatment option for hydrocephalus [29]. In fact, shunt surgery is the most commonly

performed procedure by pediatric neurosurgeons [43]. In the near future, shunts are ex-

pected to remain the primary treatment option in terms of number and effectiveness [10].

Excess fluid is diverted from the ventricles (or lumbar region of the spinal SAS) through

a pressure regulated valve to another anatomical location (e.g. abdominal cavity) where

it can be absorbed by the capillaries, offsetting the buildup of CSF. The shunt is a bulk

flow solution and has not entirely solved the clinical problems of hydrocephalus. In fact,

slit ventricle syndrome, chronic headaches, post-shunt ventricular asymmetries, and other

conditions were unheard of prior to shunting procedures [29,44]. While shunts have been

used over the past half century to improve the lives of countless individuals with hydro-

cephalus, research in shunt valve design has shown no appreciable improvement in shunt

survival rate [31]. A recent multicenter trial found all shunt valve designs tested were

equally effective in treating hydrocephalus and in their rate of complication in young

children [43]. Greater than 30 % of new shunts fail within one year and less than a third

will survive ten years without revision [31]. In multi-center studies of pediatric neuro-

surgery centers, the ratio of shunt revision to new shunt placement procedures was 2.5 to

1 [31].
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1.1.3.2 Endoscopic third ventriculostomy

Endoscopic third ventriculostomy (ETV) is a neuroendoscopic technique which

creates an opening in the thin floor of the third ventricle. ETV effectively creates a bypass

communication between the third ventricle and the suprasellar cisterns of the SAS [10].

Research into the effectiveness of and which patients are candidates for the procedure is

still on going [10, 43, 45].

1.1.4 Experiments and modeling of the intracranial space

Egnor et al. [24] and Greitz [5,10] provide extensive reviews of experimental mod-

els of the intracranial space. A brief review of experimental models provides insight

into the progression of understanding in hydrocephalus. Dandy and Blackfan [42], in

1914, occluded the aqueduct in dogs and observed the lateral and third ventricles en-

larged. Dandy, five years later, closed off the foramen of Monroe between one lateral

ventricle and the third ventricle in dogs. The affected lateral ventricle enlarged while the

other remained normal in size. The CP was also removed the from one lateral ventricle

and ventricular dilation was not observed [10]. Based on these results, Dandy concluded

that CSF was produced by the CP and hydrocephalus was caused by increased pressure

of the accumulated CSF. Bering [46] wanted to revisit these ideas in experiments during

the 1960’s. Hydrocephalus was induced in dogs by cisternal injection of kaolin (i.e. a

fine alumina silicate powder), the CP was removed from one lateral ventricle and both

foramen of Monro remained open. Bering observed the ventricle with intact CP enlarged

while the other did not. He concluded that the pressure pulse amplitude caused by the CP,

not the mean pressure, produced ventricular dilation. Di Rocco et al. [47] replaced the CP

in one lateral ventricle in sheep with a ballon timed to expand and contract with the heart.

Ventricular dilation was observed and was indistinguishable from the presentation of dis-

order in communicating hydrocephalus. The authors concluded that ventriculomegaly

resulted from hyperdynamic ventricular pulsations without SAS obstruction, i.e. elevated

CSF pulse pressure amplitude in the communicating ventricles.

Mathematical models, in addition to experimental models, of the intracranial space

are important to our understanding of hydrocephalus. Historically modeling has been

accomplished by simplifying assumptions as to the physical mechanisms of primary im-
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portance. In the case of hydrocephalus, examples of these assumptions would be: 1) CSF

is an incompressible, Newtonian fluid [14–16, 38, 48], 2) most CSF is produced by the

choroid plexus, 3) extraventricular formation of CSF is negligible [49], 4) CSF produc-

tion is constant and independent of pressure [15, 36, 38, 49], 5) CSF absorption occurs

through the arachnoid granulations [15, 49, 50], 6) CSF absorption does not occur below

a critical valve-opening pressure [15,36,38,49,50], 7) compliance represents the volume

storage capacity of tissue as the CSF pressure changes [38, 51], 8) the intracranial space

has a fixed volume (i.e. the Munroe-Kellie doctrine) [12, 49, 50], and 9) CSF flow is

governed by similar equations for current in an electric circuit (i.e. Ohm’s law) [18, 49].

Many of these assumptions are based on previous experience and experiments, and are

founded to varying degrees.

While each of the past models seeks to address a specific portion of intracranial

dynamics and how these dynamics change as the biomechanical state changes, to date

none have been completely successful at reaching this goal. Generally, these approaches

are inadequate because they are either overly simple (e.g. Munroe-Kellie doctrine), too

detailed (e.g. numerical/continuum models), decidedly non-physical (e.g. pressure vol-

ume models), difficult to translate between model and physiology (e.g. electrical circuit

analogs), or a combination of these.

1.1.4.1 Munroe-Kellie doctrine

The earliest attempt at creating a simplified model of intracranial dynamics was ar-

ticulated around the turn of the 19th century [18]. The Munroe-Kellie doctrine simplified

the interrelationship between the intracranial contents. The cranium was assumed rigid

and the intracranial space composed of four incompressible fluids; arterial and venous

blood, brain, and CSF. The abstraction assumes the cranial volume is a constant such that

the volume change of any compartment must be balanced by an opposite volume redistri-

bution in the others [10]. The Munroe-Kellie model is a statement of mass conservation

for incompressible fluids.

1.1.4.2 Pressure volume models

Numerous investigators have studied hydrocephalus using simplified mathematical

models of the CSF spaces. Sivaloganathan et al. [38] shows the commonality between
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all pressure volume models, derives a pressure evolution equation, and provides various

solutions based on the functional form of brain compliance. Pressure volume models were

an effort to characterize the pressure volume dynamics of the CNS compartment, which

can be understood as the equivalent electrical circuit in Figure 1.12. The brief derivation

follows that presented by Sivaloganathan et al. [38].

CSF was assumed incompressible (ρ = constant), confined to a single compart-

ment of volume V , and the corresponding space-averaged pressure in the CSF is P. The

derivation of the pressure evolution equation begins with a conservation relation,

dV
dt
= I f (t) − Ia(t). (1.1)

Equation (1.1) is a statement of mass conservation. The volume change dV
dt (i.e. storage)

depends upon the mismatch in formation I f and absorption rate Ia; both may be a function

of time and hence it follows that both volume V(t) and pressure P(t) are functions of time

as well. The formation rate may be divided into a constant equilibrium value Ie
f and an

external source term S (t) which was used to model infusion and withdrawal experiments.

Ultimately, a single differential equation for the CSF pressure will result. Assuming

the volume of the compartment depends on time through its dependence on the fluid

pressure, V(t) = V(P(t)), and converting from volume change to pressure change by

using the chain rule, the brain compliance C(P) = dV
dP was defined.

A phenomenological model for CSF absorption, based upon the results of infusion

studies (e.g. see Ref. [36]), was used in the pressure volume models. The absorption-

pressure relation may be written as,

Ia(t) =
1
Ra

(P(t) − Pd) , (1.2)

and interpreted as flow through some valve (or membrane) due to a pressure drop across

it. The absorption-pressure relation, Equation (1.2), may be characterized by a constant

resistance to flow Ra and the opening (threshold) pressure Pd above which absorption

occurs. Figure 1.8 shows the important features of the absorption-pressure relation used

in the pressure volume models. In many cases Pd is taken to be the SSS venous pressure,

in which case absorption is understood to take place through the arachnoid granulations
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Figure 1.12: The CSF system shown as an equivalent electrical circuit, based on Ref.
[51]. CSF is distributed among three mechanisms: formation (current generator, I f ),
storage (non-linear capacitance, C), and absorption (resistor, Ra). Venous outflow
occurs to a constant outflow pressure, Pd.

into the SSS [36, 38].

Combining Equations (1.1) and (1.2), using the brain compliance, and rearranging

terms, an equation for the CSF pressure within the CNS compartment was derived,

C(P)
dP(t)

dt
+

P(t)
Ra
= Ie

f +
Pd

Ra
+ S (t). (1.3)

Equation (1.3) represents a first order differential equation for the CSF pressure P(t) given

an initial condition P(0) = P0 and an external source function S (t). At steady state the

time derivative and the source terms are zero, the formation and absorption balance, and

the equilibrium pressure is Peq = RaIe
f + Pd. The equilibrium pressure is shown in Figure

1.8 where the formation and absorption curves intersect [36]. When the absorption thresh-

old pressure is taken as the SSS pressure the resulting expression is known as Davson’s

Equation (1.4) [52],

ICPCS F = RaIe
f + PS S S . (1.4)

According to Equation (1.4), an increase in SSS pressure, CSF formation rate, or absorp-

tion (outflow) resistance results in increased ICP.
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Equation (1.3) may be solved for any choice of brain compliance C(P). The sim-

plest is to assume a constant compliance C = C0, however an exponential pressure volume

relationship (C = 1
kP , where k is a constant), based on studies by Marmarou et al. [51], has

received the most attention as a model of the compliance to date. Figure 1.12 displays the

equivalent electrical circuit for the CSF in this model, based on Ref. [51]. The fluid for-

mation, storage, and absorption are understood through RC (resistor-capacitor) electrical

circuit analogies to the actual physical processes.

During the past three decades Equation (1.3), in its various forms, has been used

extensively to derive properties of the CSF compartment, such as Ra, Ie
f , and C(P), and

model the evolution of CSF pressure [38]. Pressure volume response tests were conducted

to characterize the CSF compartment as a simple elastic container [53]. Specified external

source functions, such as bolus injection [53], constant infusion and withdrawal [51], or

sinusoidal flow [54] were used to determine parameters of the pressure volume models.

Pressure was measured in the cisterna magna of cats as known volume injections were ad-

ministered to determine the pressure-volume curve, the derivative of which was the com-

pliance as a function of ICP. Using these techniques it was determined that the intracranial

compliance was not constant but decreases non-linearly with increasing ICP [53]. Record-

ing the increase in pressure ∆P associated with the known bolus volume increase ∆V the

compliance of the CNS compartment could be invasively estimated as C = ∆V
∆P [53]. Later

in addition to bolus injection, volume infusion and removal studies were also performed

and results compared to theoretical predictions provided by solving Equation (1.3) for the

given experimental conditions [51, 54].

Two assumptions of the pressure volume models, 1) the absorption mechanism,

Equation (1.2) and 2) brain compliance, changed the variable of interest from volume

to pressure. This was advantageous because initially pressure was more readily avail-

able than volume information, however the assumed compliance affects the intracranial

response within the phenomenological model. Sivaloganathan et al. [38] note that the

equilibrium pressure predicted, Equation (1.4), is independent of the functional form of

brain compliance, a somewhat contradictory result given the nonlinearity of the equations.

Theoretically the intracranial compliance only affects the transient behavior of the CSF

pressure as pointed out by Marmarou et al. [51].
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1.1.4.3 Compartmental models and electric circuit analogs

More detailed models compartmentalized the CSF system into a hydraulic network

of pressure volume models, which were commonly understood through electrical circuit

analogs [13, 30, 51, 55–57]. Within conduits connecting fluid compartments the volume

flow rate Q and pressure drop ∆P were related through the (hydraulic) resistance, ∆P =

QRhyd, in the same form found between current and voltage in an electric circuit (i.e.

Ohm’s Law, V = IR). In this framework, large fluid spaces (e.g. ventricles or SASs) were

modeled as lumped parameter compartments (i.e pressure volume models) and narrow

conduits between them as resistors (or impedance elements). Early circuit models of this

type studied bulk flow [51, 55]. More recent models based on pulsatile flow utilized the

concept of complex impedance (phasor analysis) from RLC electric circuit theory to study

the amplitude modulation and phase lag observed between arterial and CSF flow and

pressure variations on the time scale of the cardiac cycle [18,58]. Linninger et al. [50,59]

introduced a compartmental model based on first principles fluid mechanics and solved

these equations directly using numerical methods.

Egnor et al. [18, 24] have proposed an electric circuit model of the intracranial

space. The model was based on the description of pulsatile CSF motion using the equa-

tions of a harmonic oscillator, which have the same form as the equations governing RLC

circuits. A mass spring damper system of a CSF pulsation and the RLC circuit of intracra-

nial blood and CSF are shown in Figure 1.13. The model, Figure 1.13(a), is based on a

force balance, between elasticity kE, resistance R, inertia mCS F , and arterial expansion

F0sinωt, on a CSF pulsation. A circuit model of the intracranial pathways was used to

simulate CSF pulsations throughout the cranium to look at relative amplitude, timing, and

distribution of pulsations amongst the various CSF and blood compartments. The normal

intracranial equivalent circuit is shown in Figure 1.13(b). Results of the model predict,

qualitatively, a delayed ICP pulse relative to the cardiac cycle associated with decreased

intracranial compliance.

Like pressure volume models, circuit analogs also enforced mass (volume) conser-

vation principles in terms of pressure; the pressure drop between fluid compartments and

the connecting conduit’s resistance (or more generally, impedance) dictates the volume

flow rate. Therefore, flow through conduits was governed by the pressures within the
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(a) (b)

Figure 1.13: Electrical circuit analogy of Egnor et al. [18, 24]. (a) A model of a CSF
pulsation with a single degree of freedom. A basic CSF space contains a pulsating
blood vessel and a mass of CSF in rhythmic motion. The CSF pulsation, which
is the mass of CSF (mCS F) displaced by the maximum expansion of the vessel, is
represented by a sphere. The instantaneous displacement of the CSF pulsation is
represented by xCS F(t). The external force of the vascular pulsation is assumed to
be sinusoidal, and is given by F0sinωt. The other forces acting on the pulsating
CSF include a resistance force FR = ẋCS F(t)R and an elastic force FE = kE xCS F(t),
representing the elasticity of the walls of the space. The net force acting on the CSF
pulsation is the inertial force mCS F ẍCS F(t). The motion of the pulsation is represented
by the equation F0sinωt = mCS F ẍCS F(t) + RẋCS F(t) + kE xCS F(t). From [18]. (b) The
intracranial filter circuit. Intracranial blood vessels and CSF spaces are arranged as
parallel pathways branching from a series flow. Normal intracranial blood flow and
CSF dynamics can be represented by a series-parallel array of blood vessels and CSF
spaces. Normal pulsatile dynamics represents resonance, in which intracranial CSF
pulsations are synchronous with arterial pulsations. The CSF dissipates pulsations
from the arterial blood entering the cranium, and this mechanism appears to be
necessary for normal cerebral blood flow [5,18,60]. Resonance maximizes this effect
[18]. From [24].

adjacent compartments, which transiently depend upon their compliance. Circuit analogs

allowed particular hypotheses to be tested by changing parameter values (e.g. formation

rate [55], outflow resistance [15, 24, 49, 50, 55], and intracranial compliance [18, 49]),

the network arrangement (e.g. to model shunts [56] or endoscopic third ventriculostomy

[40]), and other physiological assumptions used; however these models require many
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input parameters be defined (i.e. see [38, 49]) and allow only trends to be studied (i.e.

see [24]). That is, how are the values of resistance, capacitance, and inductance deter-

mined, how do they relate to desired intracranial variables, and what are the anatomical

and physiological explanations of these lumped parameter elements in particular? It is

not clear that these questions have been adequately addressed in previous electric equiv-

alent circuit models. In sum, the electric circuit analogy aids in qualitative understanding

but makes direct physical interpretation of results difficult because it is not clear how to

translate quantitatively between the hydraulic and electrical equivalent circuit models and

intracranial pathophysiology.

Compartmental models of the CSF dynamics were solved as a system of differential

equations relating flow, fluid pressure and tissue forces, and volume between the various

compartments. Linninger et al. [59] solved these basic sets of equations directly, not uti-

lizing the electric equivalent circuit method. Approximately 10 compartments split up

the intracranial space resulting in about 14 equations which provide velocity and pres-

sure information within the compartments. Recently, Linninger et al. published a multi-

compartment dynamical model of intracranial dynamics, including blood, CSF, interstitial

fluid, and brain parenchyma within approximately 20 compartments. The model, depicted

in Figure 1.14, is an advancement of their previous work, however while the overall model

is more sophisticated the underlying assumptions are identical to those of their previous

model [59]. Fluid flow was modeled as if all the compartments were prismatic tubes

conducting 1D flow, pressure drops were determined based on the Hagen-Poiseuille law

(i.e. relation between flow and pressure in steady, pressure driven flow), and absorption

occurred at the convexity SAS (proportional to the pressure difference between the SAS

and the venous sinus, Figure 1.8). The resulting model is made up of approximately 70

equations and associated boundary conditions and physical parameters.

Linninger et al. [50,59] worked directly with the equations in physical units without

resorting to electrical circuit equivalent analysis, and therefore could interpret the results

of their model in a quantitative fashion. Issues associated with increasing the complexity

of hydraulic networks include the increasing number of equations, parameters, and mate-

rial and fluid properties required, more mechanisms for coupling become available, and

results become harder to interpret because the model sophistication begins to rival that of
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the system being studied. Comparison was made between phase-contrast magnetic reso-

nance (PC-MR) velocity waveform measurements in the aqueduct and prepontine cistern

(cisterna pontis in Figure 1.2(b)) to compare the model to experiments [50].

Hakim et al. [61] stressed the importance of understanding the intracranial cavity

in terms of classical physics and (solid) mechanics concepts, prior to trying to fully expli-

Figure 1.14: Multi-compartment dynamical model of intracranial dynamics. (a)
The proposed holistic model is composed of three main layers inside the cranial vault
- the ventricular system, the cerebral and spinal subarachnoid space, blue, where CSF
flows, the vascular system, red, where blood flows; and the parenchyma, a bi-phasic
medium with extracellular fluid motion and constant solid cell matrix, black. (b) The
main blood compartments are the carotid artery, cAr, main arteries, Ar, arterioles,
Al, capillaries, Cp, veinules, Vl, veins, V, venous sinus, vSinus, and jugular veins, JV.
The CSF system is composed of the lateral ventricles, Lv, third and fourth ventricles,
3V, 4V, subarachnoid space, SAS, and the spinal canal outside of the cranium. The
parenchyma is divided into the right and left hemisphere, indicated by superscript,
L/R for individual compartments. The arterial pressure in the carotid is pinit; the
venous pressure in the jugular vein is pout. The ICP in the parenchyma is pL/R

brain,
and pv.si is the venous sinus pressure. Mass transfer fluxes between compartments
are indicated by labels carrying the equation number with prefix A found in the
Appendix. Other mass transfer terms SI→II describing fluid source and sink terms
are explained in Sect. 2 (methods). Dashed arrows indicate CSF production, while
solid arrows signify pressure driven fluid exchange. From [50].
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cate complex physiological mechanisms in terms of biological phenomena. Mechanically,

the brain parenchyma was modeled as a sponge of viscoelastic material with “cells” of

various sizes (e.g. intraparenchymal venous blood and extracellular spaces). A hollow

spherical model of homogeneous brain was used to determine the stress distribution to

relate ventricular enlargement and transmantel pressure differences theoretically. Exper-

iments were preformed to test these expressions and found generally to agree with the

simplified brain model. In addition, other anatomical features were discussed such as the

difference between hydrostatic and non-hydrostatic loading of a viscoelastic gel (perti-

nent to brain physiology and ICP), tension of the arachnoidal strands, and application of

the simple model to infants [61].

1.1.4.4 Numerical and continuum models

Advances in numerical methods and computational power led to still more detailed

models of CSF flow and brain remolding; continuum based modeling [38]. Nagashima

et al. [62] used finite elements, to model the brain as a porous material with viscous fluid

flowing through, to study the interstitial pressure, intracerebral stress distribution, and

the ventricular shape in a 2D axial slice. Jacobson et al. [14] and Loth et al. [16] used

the Navier-Stokes equations to study CSF flow in the aqueduct and spinal canal, respec-

tively. Gupta et al. [48] performed three dimensional computational modeling studies

within subject specific reconstructed cortical SAS domains using PC-MR measurements

as boundary conditions and modeled the trabeculae of the SAS within modified Navier-

Stokes equations.

Linninger et al. [15] solved the incompressible continuity and Navier-Stokes equa-

tions within segmented 2D sagittal slices from normal human subjects and patients. Darcy’s

law and an inertial term amended the Navier-Stokes equation for was flowing within brain

tissue, which was modeled as a porous media with volumetric CSF production. The re-

mainder of CSF production is accounted for by a constant velocity boundary condition at

the CP superimposed upon pulsatile flow to model CP expansion during the cardiac cy-

cle [15]. Absorption was assumed to occur solely through the arachnoid granulations in

the convexity SAS. Velocity and pressure along the domain boundaries were specified to

compute velocity and pressure at all points in the domain of study, for CSF and interstitial
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fluid. Fluid and tissue properties were ascertained from values published in the literature.

With the full solution, measured CSF flow at specified locations (e.g. the aqueduct and

prepontine area) was compared to the computational results as model validation. Bound-

ary conditions were chosen based on physiological arguments regarding the intracranial

behavior and clinical data. The parameter values used, the assumed conditions on the

domain boundary, and the form of the governing equations greatly impact the solution

and therefore must be carefully selected to obtain a realistic picture of the system under

investigation.

Linninger et al. [50,63] recently reported two mathematical models of the intracra-

nial space which represent a significant increase in complexity from their previous mod-

els. Compartments were added and the brain deformation and material properties have

been incorporated into the more recent models. The first was described previously in this

section. Their computational fluid dynamics model is a more detailed implementation

of a previously published model [15]. Computational fluid dynamics techniques were

implemented within discretized domains for the blood, CSF, interstitial fluid, and brain

tissue. Assumptions associated with the compartmental models discussed above [50]

were also implemented in the continuum model. Maximum and minimum velocities,

stroke volumes, and pressures in the CSF from the model are compared to clinical mea-

surements and literature values for normal individuals and patients with communicating

hydrocephalus [63].

A majority of the continuum based models are founded on physics principles. Even

so, they require the pressure and flow rates at the boundaries of the solution domain

and the net changes that occur (diffusely) within the domain (e.g. production rate). These

model inputs must be estimated based on experimental and clinical data which is available

to the researchers. While the equations themselves contain assumptions as to the material

behavior of the fluid and solid (i.e. incompressible, Newtonian fluid or porous, elastic, or

viscoelastic brain) determining the proper value for these and the other parameters of the

model remains a challenge, as was also the case for pressure volume and compartmental

models.
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1.1.4.5 Models based on clinical data analysis

Investigations that seek to interpret clinical data directly (e.g. magnetic resonance

imaging, ICP monitoring, etc.) have been limited to presentations of relative amplitude

and timing of flow, volume, and pressure waveforms [17, 33, 34, 41, 58, 64–66] or com-

prehensive descriptions of the intracranial dynamics [5, 25] without a clear method of

accounting or interpretation based on physical principles.

Balédent et al. [6,33] measured flow rates throughout the CSF and vascular system

of the intracranial space using PC-MR imaging and subsequent analysis. Temporal and

amplitude analysis of peak flow was used to determine the phase offsets present in the

normal intracranial state and quantify the fluid volume compensation within the cranium

during the cardiac cycle. The results of these studies are summarized in Figure 1.15 [33].

Flow magnitude, direction, and timing are shown on a logarithmic scale for a normalized

cycle found in sixteen healthy volunteers. Balédent et al. [6] later used transfer function

analysis, between flow measurement at various intracranial locations, to determine their

relationship in healthy individual and patients with communicating hydrocephalus more

quantitatively.

Alperin et al. [12] non-invasively estimated ICP and intracranial elastance (inverse

of compliance) using clinical PC-MR measurements and a special analysis devised in

their lab. Their methodology utilized principles of volume conservation, results of ba-

boon and computational studies [16], and assumed an exponential ICP-volume relation-

ship [12]. The small intracranial volume and pressure changes that occur naturally during

the cardiac cycle were used to estimate compliance as was done previously by Marmarou

et al. [51] using external volume addition and withdrawal. The Munroe-Kellie doctrine

minimized the error of intracranial volume change measurements by stipulating that the

transcranial volume flow rates sum to zero over the cardiac cycle (i.e. the average vol-

ume of the intracranial space is constant) [12]. Transcranial CSF and blood (arterial and

venous) volume flow rates during the cardiac cycle were integrated to track the tempo-

ral variation of intracranial volume, which was then correlated through the cervical MR

derived pressure gradient to derive a non-invasive measure of intracranial elastance (in-

verse of intracranial compliance) and ICP. Baboon studies were preformed to determine

the relationship between cervical pressure gradient amplitude and the amplitude of the
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Figure 1.15: Blood and cerebrospinal fluid delay and amplitude peak flow on a
normalized cardiac cycle. Arrows indicate the direction of flow. Delays are presented
in comparison to internal carotid systolic peak flow as a percentage of the cardiac
cycle (CC). Amplitude peak flows are shown on a logarithmic scale. From [33].

ICP wave. Computational modeling provided the relation between pressure and pressure

gradient and cervical CSF cross-sectional area and pressure gradient amplitude [16]. An

exponential compliance was assumed to characterize the intracranial system and used to

interrelate the derived pressure data with the measured intracranial volume change.

1.1.4.6 Intracranial volume accounting studies

Several investigators have recognized the nearly constant volume constraint im-

posed by the rigid cranium on the intracranial space. Indeed, the Munroe-Kellie doctrine

made this assertion for incompressible intracranial blood, brain, and CSF approximately a

century ago [18]. PC-MR measurements of transcranial CSF and blood volume flow rates

have been interrelated using the principles of volume (or mass) conservation [33, 34, 67].

These studies provide a starting point for actually applying our approach in vivo.

Alperin et al. [12, 26, 67, 68] computed the net transcranial flow of arterial and

venous blood and CSF to determine the intracranial volume change (i.e. ∆ICV) during

the cardiac cycle, Equation (1.5), in a transverse section through the upper cervical SAS,
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∆ICV(t) = [QA(t) − QV(t) − QCS F(t)]∆t , 0 < t < T. (1.5)

Figure 1.16 depicts a compartmental model of the intracranial space [67]. The

Munroe-Kellie doctrine was imposed on the mean intracranial volume. Therefore, volume

change integrated over the cardiac cycle (i.e. CC) was zero,

∆ICV(T ) =
∑
CC

[QA(t) − QV(t) − QCS F(t)]∆t = 0, (1.6)

or the mean intracranial volume is constant. In Equations (1.5) and (1.6), T is the car-

diac period, QA and QV are the total arterial inflow and the total (scaled) venous outflow,

respectively, and QCS F is the transcranial oscillatory CSF flow [26]. Blood flow in the in-

ternal carotid and vertebral arteries provided the total cerebral blood flow over the cardiac

cycle. Venous outflow was measured in the internal jugular veins and within secondary

pathways (see Section 1.1.1.1) when present on imaging studies. Unmeasured venous

outflow was accounted for by adding a constant to the jugular flow, such that the total

computed venous outflow, satisfied Equation (1.6) [26]. The oscillatory CSF outflow rate

through the foramen magnum, was measured in the same plane as the vascular flows.

Balédent et al. [6, 33] and Enzmann and Pelc [34] also measured blood flow in

the internal carotid and vertebral arteries and the internal jugular veins. CSF flow was

obtained in the cervical SAS at the level of C2-C3. The total venous outflow was obtained

by scaling (multiplying) the jugular flow waveform by a constant factor such that the total

arterial inflow and venous outflow were equal over the cardiac cycle. The scaling factor

was defined the same by both research groups. The average values found for the scale

factor in these studies were 1.7 ± 0.5 [6, 33] and 1.37 [34], respectively.

Scaling of venous flow in these studies was necessary to account for unobserved

venous return from the brain. The method of Alperin et al. [12, 26, 67, 68] assumed the

unmeasured venous flow is constant throughout the cardiac cycle. On the other hand,

Balédent et al. [6,33] and Enzmann and Pelc [34] multiply the jugular flow by a constant

scaling factor, which is equivalent to assuming the unmeasured venous flows have the ex-

act same temporal flow characteristics as the jugulars. No information has been obtained

that clearly identifies one of these two methods as more realistic or superior, relative to
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Figure 1.16: Illustration depicting a compartmental model of the craniospinal sys-
tem used in the derivation of the change in intracranial volume and intracranial
compliance. The model shows arterial inflow, venous outflow, and oscillating CSF
flow between the cranium and spinal canal. Given that blood, CSF, and brain tis-
sue are not compressible, the volume change can be derived from the instantaneous
difference between volumetric inflow and outflow rates. From [67].

the other.

The cerebral aqueduct, Figure 1.1, is another common location for PC-MR mea-

surements in the literature because it is the narrowest point in the ventricular system and

therefore the largest intraventricular flows are observed at this level [17, 33, 34, 64, 69].

Several investigators have measured aqueductal volume flow rates to relate the ventricu-

lar volume change to aqueductal stroke volume during the cardiac cycle and over the time

course of hydrocephalus induction by cisternal kaolin injection, respectively [17, 69].

A clinician’s decisions for diagnosis and treatment are based on, and limited by,

the availability and interpretation of patient specific data in relation to the populations of

healthy and diseased. Much has been learned about normal and hydrocephalic intracranial

dynamics from previous experiments and models. Even so, advancements incorporating

measurements within a precise, physically meaningful, direct mechanics-based analysis

will improve understanding, quantification, and diagnosis of intracranial disorders. To

date investigators acknowledge the need for elementary fluid mechanics in studying nor-

mal and hydrocephalic flow and pressure dynamics and the lack of a comprehensive and
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accurate quantification of the three-dimensional flow based on basic fluid physics [15].

In order to improve the understanding of normal intracranial dynamics and devia-

tions that lead to disorder, we propose to implement a simplified fluid dynamic analysis

directly to control volumes within the cranium, allowing a direct mechanical interpreta-

tion of the data. The proposed framework is an elementary, fundamental fluid mechanics

formulation called integral control volume analysis [11, 70, 71]. Since it does not require

a detailed knowledge of the entire flow, from a traditional fluid mechanics perspective it

is a logical first approach. The framework entails defining regions in the brain; in the fluid

dynamics lexicon these are referred to as “control volumes”. Conservation equations are

written for each control volume being studied. Measurements based directly on the phys-

ical meanings of terms in the conservation equations dictate the type and location of data

obtained and relates these to other measurements in the same individual. The requisite

measurements are those of velocity and pressure at specific locations on the control vol-

umes’ surfaces and volume (change) measurements of the control volumes themselves.

In effect, this is a budgeting procedure, using fundamental conservation laws (mass and

momentum) to keep track of and account for important variables in the cranium. We seek

to make as few assumptions regarding the system dynamics as possible by utilizing the

conservation equations in their most basic form. What follows is a description of the con-

trol volume framework, Section 1.2, and the measurement techniques employed, to date,

to obtain the data sets needed for the control volume budgets, Section 2.1.

1.2 Control volume analysis
Integral control volume analysis has been widely used among engineers and physi-

cists to extract important physical information about structures and devices within fluid

flow. In mechanical and aerospace engineering, control volumes are typically used to

calculate the thrust produced by a jet engine based on the flow field through the engine.

Likewise, lift on an airfoil (or drag generated by an obstruction to flow) can be computed

based on knowledge of the velocity field. The same approach may be used to determine

the acceleration of a rocket, rate of gain/loss from a hydraulic accumulator, and the pres-

sure drop across a sudden expansion in a pipe (e.g. see Ref. [11]). These important

variables can be obtained with a minimal knowledge of the flow, hence the utility of the
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control volume formulation. When more detailed analysis is desired, such as the spatial

velocity and pressure distribution within the jet engine or on the surface of an airfoil,

respectively, then the differential (continuum) forms of the conservation equations must

be solved. It is important to note that in the limit as we create an infinite number of in-

finitesimally small control volumes, we will obtain the differential forms of the mass and

momentum conservation equations, the Navier-Stokes equations [11,70], commonly used

in hydrocephalus research (i.e. see Refs. [14–16,48,50,63]). Control volume analysis re-

quires similar clinical inputs as continuum models, i.e. velocity, volume, and pressure

data, but determines overall behavior of the structure without detailed knowledge of the

entire flow.

Before proceeding with a discussion of control volume analysis applied to intracra-

nial control volumes, it would be helpful to review the general theoretical underpinnings

of the proposed fluid mechanics framework. The primary advantages of using control

volume analysis (i.e. defined region) as opposed to the system formulation (i.e. defined

mass) to study fluid flow are that: 1) the control volume and control surface are defined at

all times and 2) the effect of flow on adjacent structures or devices may be determined and

provides more pertinent information than the motion of a specified mass of fluid [11]. The

following explanation of control volume analysis follows the presentations of Benaroya

and Wei [72] and Fox and McDonald [11].

To start, a system may be defined as a collection of fluid particles comprising part

of a flow of interest (e.g. a blob of ink, the system, in a hose, the flow of interest). The

system boundaries (to continue the example, the outside surface of the ink blob) are such

that the same fluid elements are always contained therein. Thus, even though the shape of

the system will change in the flow as time progresses, the same particles will always be

on the surface of the ink blob, separating ink inside from water outside. Necessarily, the

mass of a system is constant, and it is in principle possible to write equations of motion

for the system, i.e., solve for the system’s motion given the applied forces.

For many flows, however, such a formulation would be intractable or inconvenient

at best, due to the difficulty of “following” the evolving system (ink blob) as it flows

(down the hose) and becomes increasingly distorted. For this reason, we define a control

volume as a clearly defined, albeit imaginary, space through which fluid may pass. Control
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volumes are mathematical regions used for analysis and typically coincide with some

physical boundaries of the flow, but could be arbitrarily defined at the discretion of the

user. Figure 1.17 shows a general or universal control volume within a fluid of mass

density ρ and velocity vector field u. The external boundary of the control volume (CV) is

referred to as the control surface, shown as a dotted boundary in the figure. The advantage

of this approach is that the boundaries of the control volume are prescribed at all times.

Typically, one dictates that the control surfaces coincide with some physically meaningful

boundary in the flow (e.g. the walls of the hose) so that no fluid will pass through them. In

places where the control surface (CS) does not coincide with physical boundaries, such as

at the inlet and outlet to the hose, fluid may flow through the control surface. For the flow

of blood and CSF, it may be expedient to allow the control volume to move or change

shape depending on the flow of interest (e.g. because the ventricle walls move during the

cardiac cycle).

Suppose that at some time, t0, a collection of fluid particles composing a system

occupies the same space as a control volume. It is possible to write the rate of change

of any property of that system in terms of control volume parameters. This is the classic

Reynolds transport theorem, Equation (1.7), which states that the change of any extensive

property A (e.g. mass M, momentum P, or energy E) of the system equals the change of

that property in the control volume and the amount flowing through the control surface at

any given instant [11, 72],

dA
dt

∣∣∣∣∣
system
=

d
dt

∫
system

(A ρ) dV =
∂

∂t

∫
CV

(A ρ) dV +
∫

CS
(A ρ)u · n̂ dS . (1.7)

In this form, A = A
M represents the property of interest per unit mass (i.e. intensive

property), ρ is the fluid density (i.e. mass per unit volume), dV and dS are differential

volume and control surface area elements, respectively, u = u(x, t) is the fluid velocity

vector field, n̂ is the unit normal vector, and CV and CS represent integration over the

entire control volume and control surface, respectively. Since ρ(u · n̂)dS is the fluid mass

flow rate across a differential area element of the control surface, Equation (1.7) may be

physically interpreted as a balance equation for the property A . Specifically, the rate of
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Figure 1.17: A universal control volume represented by a shaded region within fluid
of density ρ and velocity vector field u. The control surface is shown as dashed line at
the boundary of the control volume. Differential volume and surface area elements,
dV and dS , respectively, are shown along with corresponding unit outward surface
normal vector n̂. Body forces caused by gravity g and acceleration a act on the center
of mass of the control volume, while pressure −pn̂ and viscous shear stresses τ act
on the control surface, normal and tangentially, respectively. Reference frame O is a
fixed inertial frame with respect to the control volume.

change of A contained within the system, i.e. the left-hand side of equation (1.7), is equal

to the rate of change of A within the control volume plus the net flux of A across the

control surface. The unit normal n̂ is defined as positive when pointing outward from a

control surface as shown in Figure 1.17.

Finally, it is important to note that u in Equation (1.7) represents the fluid velocity

relative to an inertial reference frame, O in Figure 1.17. Thus, if any part of the control

surface is moving relative to such an inertial frame, it becomes necessary to subtract the

control surface velocity from the fluid velocity, u − uCS , to obtain the flow rate across the
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Table 1.3: Physical quantities, corresponding symbols and units used in mathemat-
ical formulation of integral conservation equations.

Physical Quantity Symbol MKS units CGS units
Fluid mass density ρ kg/m3 g/cm3

Velocity vector field u m/s cm/s
Net mass production rate Ṁ kg/s g/s

Pressure field p Pa dyne/cm2

Viscous stress vector τ Pa dyne/cm2

Gravitational acceleration g m/s2 cm/s2

Control volume acceleration a m/s2 cm/s2

Ventricle wall displacement vector δw m cm
Differential volume element dV m3 cm3

Differential control surface area element dS m2 cm2

Unit outward surface normal vector n̂ —– —–

control surface. All quantities are defined or measured with respect to an observer at a

fixed, or inertial control volume.

As a way of introducing the control volume approach, lets begin with an analogy of

a rancher and their pasture, as illustrated in Figure 1.18. Understanding the concepts in

this analogy will help when the actual control volume formulation and integral conserva-

tion equations are presented.

Figure 1.18(a) is an aerial photo of a ranch, with fences represented by the blue

lines. The rancher has chosen where to put the fences, however, if the rancher had differ-

ent needs, then they would arrange the fences differently. These fences, are analogous to

the control volume boundaries. Depending what the rancher is interested in, for example

the total number of cows on the ranch, or how many cows are in each corral, the rancher

can use the corrals as a method of tracking them. If the rancher wants to keep track of

the number of cows in a given corral, they need not be concerned with what is happen-

ing in other corrals, just the one of interest. The rancher’s accounting works as follows.

The rancher knows how many cows are in the corral to start with. They then count the

number which enter and exit through the corral’s gates, and, if cows where born or died

in the corral, and they are also counted. The final number of cows in the corral is then

naturally found. The rancher is working within a “cow budget”. Every cow need not be

watched at all times. Only the cows which enter or leave the corral, or are born or die
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inside, need to be taken into account. This accounting approach is analogous to applying

the fundamental conservation principles to control volumes consisting of the intracranial

fluid spaces.

Figure 1.18(b) is a schematic of the brain showing the ventricular system. The ven-

tricles have been arbitrarily outlined because they are likely candidates for control vol-

umes. The blue lines represent the control surfaces, which are the boundaries of the indi-

vidual control volumes. Clinicians want to monitor certain parameters in hydrocephalus,

just as the rancher tracks their cows. Within the brain, if we are interested in tracking

a certain property, we need to measure the flow of that property across the control vol-

ume boundaries, and the amount of that property in the control volume. The advantage

is then, just as the rancher only needs to count the cows which go in and out through

the corral’s gates, the births and deaths, and the total number of cows in the corral, for

hydrocephalus we only need to know the fluid velocity and pressure at passages crossing

the control surface, and the mass or momentum content of the control volume. In control

volume analysis we don’t require full velocity and pressure field information throughout

the control volume, only at key points along the surface. The key to the framework is then

choosing the proper corral or control volume, which will allow the maximum amount of

terms to be evaluated from measurements, while still producing physically meaningful

results. This is only possible through a multidisciplinary collaboration.

(a) (b)

Figure 1.18: Rancher’s pasture analogy. a) Aerial view of a rancher’s pasture di-
vided by fences and b) schematic of the brain and ventricular system with control
volumes defined for each ventricle. Boundaries in both cases are shown in blue.
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Depending on the rancher’s needs, they will build as many or few corrals within the

pasture as needed. So too in control volume analysis, as many or as few control volumes

may be defined as a function of the scientific drivers. Minimally, at least one control

volume for the CSF and one for the blood is required to study the important interactions

that define intracranial dynamics.

1.2.1 Integral conservation equations

The explanation of the integral mass and momentum conservation equations, as

applied to a general control volume, will be presented in the following two subsections.

The first, contains the mathematical formulation of the integral conservation equations for

mass and momentum and the second is a physical explanation describing the meaning, in

words, of the integral conservation equations.

1.2.1.1 Mathematical explanation

Conservation laws are commonly used in physics to relate important variables of in-

terest; hydrocephalus research and modeling has been no exception. As discussed above

with regard to Reynolds transport theorem, Equation (1.7), conservation of system prop-

erties, such as mass, momentum, and energy, are the basis of control volume analysis.

Pressure volume models [38], Equation (1.3), and electric circuit analogs [18, 55] both

utilize concepts of mass conservation, however through a change in variables and several

phenomenological assumptions was expressed in terms of pressure. Utilizing compliance

and hydraulic resistance to underscore complex intracranial processes to determine CSF

pressure, flow, and volume, while of clinical utility, may be an unwarranted simplification

from a mechanics perspective. From first principles, mass and momentum conservation

lead to independent constraints on the flow of fluid (in this case the primary concern is

CSF and blood flow). Mass conservation, or for an incompressible substance volume

conservation, determines volume flow rates, while momentum conservation is used to

determine the pressure variations in the flowing fluid. Through control volume analysis

these quantities are determined using separate conservation equations. Continuum based

models represent a step in the right direction, however control volumes can be used to

account for the same physics in a more direct and simplified framework.
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Continuity, or conservation of mass, enforces the observation that mass cannot be

created or destroyed, dM
dt

∣∣∣
system
= 0, or alternatively, that the mass of a system is constant.

Using Reynolds transport theorem, Equation (1.7), we recognize the extensive property of

interest is the mass A = M and therefore A = M
M = 1. Plugging this result into Equation

(1.7) and recognizing production and absorption of CSF may be non-zero, dM
dt

∣∣∣
system
= Ṁ,

the conservation of mass equation for a general control volume is written in mathematical

form:

∂

∂t

∫
CV
ρ dV︸          ︷︷          ︸

i

+

∫
CS
ρ u · n̂ dS︸            ︷︷            ︸

ii

= Ṁ︸︷︷︸
iii

, (1.8)

where,

(i) Rate of change of fluid mass in the control volume,

(ii) Net mass flow rate across the control surface,

(iii) Net mass production/absorption rate within the control volume.

Conservation of (linear) momentum, an alternate statement of Newton’s second law,

stipulates that the time-rate of change of momentum in the system is balanced by the net

force on the system, dP
dt

∣∣∣
system
= F. The momentum is defined as P = Mu the product of

the mass and velocity and therefore A = Mu
M = u is the momentum per unit mass. Using

this expression in Equation (1.7), the conservation of momentum equations for a general

control volume are written:

∂

∂t

∫
CV
ρu dV︸           ︷︷           ︸

i

+

∫
CS
ρu (u · n̂) dS︸                ︷︷                ︸

ii

=

∫
CV
ρ(g − a) dV︸               ︷︷               ︸

iii

+

∫
CS
−pn̂dS︸        ︷︷        ︸

iv

+

∫
CS
τdS︸    ︷︷    ︸

v

, (1.9)

where,

(i) Rate of change of fluid momentum in the control volume; inertial force,

(ii) Net fluid momentum flow rate across the control surface; force due to fluid flow,

(iii) Body force due to gravity and acceleration of mass in the control volume,

(iv) Pressure force acting on the control surface,

(v) Viscous force acting on the control surface.
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Here we focus on the dominant forces: body forces (iii) caused by gravity and acceler-

ation and surface forces due to pressure (iv) and viscous shear stresses (v), respectively.

Equation (1.9) is a vector equation and therefore represents up to three scalar equations,

one for each of the ordinate directions of the coordinate system used in the analysis.

In these equations the symbols represent physical quantities presented in Table 1.3

and displayed schematically in Figure 1.17. The mass and momentum conservation equa-

tions and Figure 1.17 follow the presentation in Ref. [11]. Quantities in bold are vectors.

1.2.1.2 Physical explanation

Mass conservation is simply the accounting of flow in and out of a CV and the total

mass within the control volume. Just like the rancher keeps track of animals entering

and leaving through the corral gates and the total number of animals inside the corral,

information regarding the fluid velocity through the CS and the total amount of fluid

inside the CV is needed. Note, the total fluid mass (in a control volume) could change

because of production/absorption (of CSF), or from changes in volume (e.g. pulsatile

volume change of a ventricle or blood vessel). The conservation of mass equation for

a CV states that the time-rate of change of fluid mass within the control volume must

equal the net mass flow into the control volume through the CS plus the net production

(production minus absorption) of mass within the CV This simplifies analysis because

only flow velocities at the control surface and net changes within the control volume

enter in the formulation.

Newton’s second law stipulates conservation of (linear) momentum for all objects,

including fluids. For a solid object of mass m exposed to the resultant force F it reads

F = m(du/dt) where du/dt is the time-rate of change of the velocity, i.e. acceleration a

of the object. The resultant force F is the sum of all external forces acting on the object.

This basic physical picture also applies to fluids, although the mathematics become more

complicated because fluids can flow. For a control volume, the time-rate of change of

the momentum inside the control volume must equal the forces acting on the control

volume and the forces created by fluid flow crossing the control surface. Forces act on

a control volume when fluid flows through control surfaces, as can be experienced with

a garden hose: defining the CV as the total internal volume of the hose, you will find
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that the hose experiences a force when water exits it (i.e. one has to physically restrain

the end of the hose from whipping about). The remainder of the forces on the control

volume may be broken into surface and body forces. Surface forces, such as pressure

and viscous shear (fluid friction) stresses, act on the control surface. Body forces, such

as gravity and acceleration, act on the mass within the control volume. Contributions

to these forces are shown in Figure 1.17 acting on the surface and center of gravity of

the control volume, respectively. Dynamic postural changes are inherently included in

the momentum equation; as individuals reposition their heads (e.g. sit up or lie down),

both the acceleration and relative alignment with gravity will change. From experience,

this will affect the flow and pressures in the CV, which may be accounted for through

the conservation equations. Pressure, the normal force per unit area in a fluid, drives

fluid flow and therefore appears in the conservation of momentum equation, however the

pressure only enters the analysis though its effect at the control surface.

1.2.2 Applying control volume analysis

Advancements interpreting and combining clinical measurements within a precise,

direct, physics-based approach will improve understanding, diagnosis, and quantification

of hydrocephalus. Control volume analysis may be used to incorporate clinical measure-

ments within a simple, robust fluid dynamics analysis. This method allows quantitative

comparison between disparate data sets through the integral mass and momentum conser-

vation equations, Equations (1.8) and (1.9). Clinical measurements are obtained within

volume(s) of interest and interpreted based on the conservation equations, precluding the

need for analogies between physics and physiological significance.

The computational or mathematical modeler will actually attempt to solve Equa-

tions (1.8) and (1.9) or similar equations. For hydrocephalus, this is extremely diffi-

cult and currently requires many assumptions and simplifications, as discussed in Section

1.1.4. As experimentalists, we ask, “Is it possible to use clinical data to evaluate the bal-

ance equations directly?” In this manner, it is possible to gain new information if one can

isolate a term which cannot be measured or for which nothing is known. For example, in

a pipe, an applied pressure difference causes flow, so that if the pressure drop is known

the flow may be determined. Using control volumes, if the velocity field is known then
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the pressure drop can be found by applying momentum conservation, Equation (1.9), to

the fluid in the pipe. Alternatively, one can use the balance equations to understand what,

why, and how changes in the system lead to hydrocephalus. Because the conservation

equations must hold for any control volume, the imposed constraints of mass and mo-

mentum conservation provide a direct approach for comparing measurements of velocity,

pressure, and volume. This approach will determine the dominant mechanisms within

intracranial control volumes.

Control volume analysis is a framework to guide experimental methods using the

most basic fluid dynamics principles in their simplest form. In addition, using the con-

servation equations with finite control volumes is an effective way to comprehensively

couple spatially separated and physically distinct clinical data sets (e.g. pressure, veloc-

ity, and volume). It is important to note that as many or as few control volumes may be

defined depending on the information desired by the clinician. In general, as a minimum,

at least one control volume for the CSF and one for the blood is required to study the

important interactions that define the intracranial dynamics, however these spaces may be

broken into several smaller control volumes to study the intracranial dynamics on several

scales. To apply control volume analysis, the first step is to define the control volumes of

interest and to write and simplify the conservation equations as they pertain to each indi-

vidual control volume. With the exact physical meanings of the terms then understood,

measurements are taken to obtain these quantities directly.

Inherently the fundamental nature of control volume analysis allows great flexibil-

ity when applying such an approach [71]. One potentially useful application of control

volume analysis is the estimation of in vivo pressure differences from non-invasive veloc-

ity images. This approach represents an advancement in interrelating flow and pressure

information in vivo through a precise, physically meaningful framework.

1.3 Problem statement and approach
Current accounting and understanding of intracranial dynamics and progression to

disorder are limited by the availability of clinical data and the ability of the investigators to

interpret this information in a relevant, physically meaningful way. Previous models have

proven inadequate in explicating intracranial dynamics because they are either too simple,
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overly detailed, non-physical, or make it difficult to interrelate analogy and physiology.

Control volume analysis, on the other hand, incorporates diverse clinical measurements

into a fundamental fluid dynamic conservation analysis, yielding a direct mechanical in-

terpretation of the data. This approach, applied to intracranial control volumes, provides

insight into the mechanisms that lead to disorder and presents opportunities for improving

diagnostic and treatment outcomes.

The goal of this research investigation is to provide a first principles framework to

integrate a broad spectrum of sometimes disparate investigations into a highly complex,

multidisciplinary problem. To this end, we propose a systems level fluid dynamics based

approach to hydrocephalus. Using these principles, various physical quantities (e.g. ve-

locity, pressure, and volume) clinicians currently measure to assess a patient’s condition

may be naturally incorporated using the conservation equations. Equation (1.8) and (1.9)

provide a sound, physics-based framework to interrelate spacio-temporal variations of

these various quantities in a simplified analysis.

Application of control volume analysis to intracranial control volumes greatly bene-

fits from a detailed understanding of the anatomy and physiology of the intracranial space

(this chapter), access to and experience with clinical measurements (next chapter), and

an understanding of treatment and diagnosis options and outcomes. Collaborations with

neurosurgeons and medical imaging experts provides a source of clinical data and exper-

tise in interpreting the physical quantities derived from these data sets. However, before

implementing the control volume formulation in human subjects and patients, flow phan-

tom experiments were conducted to characterize the proposed approach and determine

the sources and magnitudes of the errors involved in its implementation.

This dissertation introduces control volume analysis and explains how it may be

used to better direct and interpret clinical examinations. While to our knowledge this

approach has not been used in the clinical context, past experience using control volume

analysis prove it is a valid technique and theoretically limited only by the availability of

clinical data. Chapter 2 contains details regarding measurements and data processing in

past studies and for control volume analysis. In Chapter 3 the in vitro flow phantom ex-

periments and in vivo cerebral aqueduct studies are presented, quantified, and discussed.

Chapter 4 provides thoughts for future application of the control volume methodology
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developed in this dissertation to other in vivo control volumes beyond the aqueduct study

presented here.



CHAPTER 2
Clinical measurements for control volume analysis

Measurements obtained by clinicians are used to inform diagnosis and treatments in pa-

tients and have typically been interpreted through mathematical models or analyzed based

on the relative phase and magnitude of measured waveforms. Other investigations attempt

to link measurements at single or multiple sites to onset or progression of hydrocephalus

in an effort to simplify diagnosis and show correlation between measurements and symp-

toms. Examples include measurement of aqueductal stroke volume [64, 69] or transfer

function analysis of arterial and CSF flow or pressure waveforms [6, 58]. In many re-

spects, the control volume framework is a generalized formulation of conservation laws

typically used in hydrocephalus modeling. However it represents the most physically

rigorous, direct, and expedient way to apply these principles in practice. This chapter

presents a review of clinical measurement techniques and introduces processing methods

of these measurements based on mass and momentum conservation principles. In partic-

ular, phase-contrast magnetic resonance (PC-MR) velocity image processing is discussed

as it relates to computation of terms in the conservation equations, Equations (1.8) and

(1.9).

2.1 Review of clinical measurement methodology
A number of studies have already made measurements of velocity, pressure, or vol-

ume (changes) similar to those desired to apply control volume analysis within intracra-

nial control volumes. This section reviews past measurements, which informs our own

ability to measure important intracranial parameters.

* Portions of this chapter previously appeared as: B. Cohen, A. Voorhees, S. Vedel, and T. Wei. De-
velopment of a theoretical framework for analyzing cerebrospinal fluid dynamics. Cerebrospinal Fluid
Research, 6(12), 2009; and B. Cohen, A. Voorhees, T. Wei. Magnetic resonance velocity imaging derived
pressure differential using control volume analysis. Fluids and Barriers of the CNS, 8(16), 2011.

50
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2.1.1 Phase-contrast magnetic resonance velocity measurements

Velocities of the intracranial contents have been measured throughout the cardiac

cycle using velocity encoded cine phase-contrast magnetic resonance (PC-MR) imag-

ing. PC-MR produces images in which pixel intensity is proportional to velocity. The

measurement principle is based on the proportionality between the Larmor procession

frequency of spins (e.g. protons) and the local magnetic field strength, ω = γB, where

γ = 2.67510x108 rad/sT = 2π ∗ 42.6 MHz/T is the gyromagnetic ratio of the pro-

ton [73, 74]. Figure 2.1 illustrates the effect of magnetic field gradients on stationary

protons, however, the same principles encode velocity into the phase value of protons.

Figure 2.1: The effect of magnetic field gradients Bz on stationary protons. Top
panel: protons at different z locations accumulate different phases in the presence
of a time invariant magnetic field gradient. Bottom panel: temporal evolution of
a stationary proton during application of a bipolar gradient pulse. Positive phase
shifts during the positive lobe are canceled by equal and opposite phase shifts during
the negative lobe. Moving protons will retain a non-zero phase shift proportional to
their mean velocity. G is the magnetic field gradient strength and t is time.

The top panel displays the phase of several protons at different z locations. Each

proton has accumulated a phase proportional to the local Larmor frequency a short time

after the constant magnetic field gradient was applied, φ(t) = ωt = γBzt = γGzt. As is
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observed, the phase is proportional to the spatial location of the proton z and the length

of time the gradient pulse was applied t. In the bottom panel a bipolar field gradient

pulse is applied to a stationary proton at some location z0, initially with zero phase, as

shown. During the positive lobe (0 ≤ t < t1) the phase increases at a constant rate and

during the negative lobe (t1 ≤ t < 2t1) it returns, at the same rate, to its initial value.

For stationary protons, the phase accumulated during the positive lobe is offset during the

negative lobe. If instead protons were moving along the z−axis during the bipolar pulse,

the phase accumulation would not entirely cancel and a phase shift remains.

To measure velocity the phase difference, ∆φ, of protons (i.e. hydrogen nuclei of

water molecules) before and after a bipolar magnetic field gradient pulse, G(t), is studied.

The ensemble average of protons within a given voxel (i.e. pixel area by slice thickness)

are reported as the value for that voxel. The mean (voxel) velocity is proportional to the

phase difference obtained by protons moving along the pulse direction during the pulse

duration, υ̂ = ∆φ/γ∆M [75]. Here ∆M =
∫

tG(t)dt is the first moment of the magnetic

field gradient pulse. For the simplified bipolar pulse as shown in the bottom panel of Fig-

ure 2.1, ∆M(t) = G(t)t2
1 [74]. Theoretically, PC-MR is capable of measuring three veloc-

ity components volumetrically, however to improve spatial and temporal resolution and

decrease overall scan time typically through-plane velocities are measured within a single

slice perpendicular to the flow direction [75]. Imaging planes are selected perpendicular

to flow in the lumen of interest to minimize partial volume artifacts [34]. Through-plane

PC-MR images are sensitized to velocity values between ±Venc, the encoding velocity,

corresponding to phase shifts of ±π radians. Velocities with absolute magnitude greater

than Venc will be aliased to a value between ±Venc [33, 64].

PC-MR measurements produce both magnitude and phase image series, Figure 2.2,

which must be post-processed to obtain the desired information. The magnitude images

contain information regarding the anatomy of the imaging volume and are typically used

for determination of the region of interest. The phase images contain spatio-temporal

velocity values Vk
i j. Subscripts i and j denote the spatial pixel location within a given

image k in the time series of K images. Figure 2.2 shows magnitude and phase images

at two phase values, k = 6 and k = 19 from a total of K = 25. Ghosting artifacts are

visible in the magnitude images [74], and aliasing is observed in the vascular domains of
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(a) (b)

(c) (d)

Figure 2.2: Axial PC-MR measurements obtained at the cervical level. Magnitude
(a) and (b) and phase (c) and (d) images are shown at two temporal values, left
k = 6 in (a) and (c) and right k = 19 in (b) and (d). Ghosting artifacts are visible
in the magnitude images. Intensity values in the phase images (c) and (d) are pro-
portional to through-plane velocity values. Images were sensitized to CSF flow at
Venc = 8 cm/s. Images courtesy of Tomer Anor Ph.D. and Joseph Madsen M.D. of
Children’s Hospital Boston.

the phase images [75]. Oscillatory transcranial CSF flow in the cervical SAS is visualized

as an alternating light and dark annular region in the phase images.

In vivo blood [5, 12, 17, 33, 64–66, 76, 77] and CSF velocities [5, 12, 17, 25, 33,

64, 66, 69, 78–81] have been measured using this technique. PC-MR imaging is already

commonly used for making velocity measurements in a manner that is already adaptable

for use in the control volume formulation. Processing spatio-temporal velocity values,
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within fluid areas of interest, allows terms in the conservation equations, Equations (1.8)

and (1.9), to be computed directly from the image data.

A number of investigators have used through-plane velocity data to compute volume

flow rate waveforms in vivo [6, 12, 17, 33, 34, 64, 65, 82]. Enzmann and Pelc [34] note the

calculation of volume flow rate to be relatively insensitive to pixel size, region of interest

(ROI) size, and flow angulation. Many investigators then use the volume flow waveform

to compute stroke volume, peak and mean flow rates, and volume changes. Frayne et

al. obtained through-plane velocity measurements in a pulsatile flow phantom and found

the root mean square (rms) difference to be 7.5% of the mean velocity (1.6 cm/s) [83].

Wentland et al. made similar measurements for velocities typical of those observed in

foramen magnum CSF flow (1−20 cm/s) and obtained larger errors at low velocities [82].

2.1.2 Pressure measurements

Pressure measurements currently pose the greatest technical challenges towards de-

riving clinically relevant data. There are a number of reasons for this. Momentum con-

servation, Equation (1.9) term (iv), accounts for pressure on the entire control surface.

However, at a minimum, pressure measurements where fluid flow crosses the CS (i.e. at

the locations of velocity measurements) will provide the greatest contribution to the CV

pressure force. In general, these sites may be inaccessible or implausible for implantable

sensors. In addition, measurements are complicated by the modest pressure differentials

expected between freely communicating fluid cavities (e.g. the transmantle pressure) and

the invasive implantation into soft biological tissue. Therefore, determining the pressure

difference by measuring (gage) pressure at two locations inherently introduces signifi-

cant errors; related to inadequate sensor resolution and accuracy, calibration and drift,

and changes in head position over time [28, 84]. Particularly, the measurement of in vivo

pressure differential poses considerable technical challenges, which could potentially be

addressed by proper application of the control volume formulation [85]. That is to say,

control volume analysis provides a way to obtain pressure information by analyzing non-

invasive velocity measurements through the integral conservation equations.

CSF pressure measurements have been obtained invasively in cats [27], dogs [28,

58, 86], baboons [12], and humans [41, 52, 87, 88]. In hydrocephalics invasive ICP mon-
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itoring is most commonly achieved with implanted (e.g. ventricular, subdural, or intra-

parenchymal) microtransducers. Lumbar CSF pressure is commonly measured mano-

metrically, even though the “gold standard” for invasive ICP measurement is an external

transducer connected to an intraventricular drain according to Czosnyka and Pickard [52].

Conner et al. [27] found the transmantle pressure to be 0.27 ± 0.31 cm saline (∼

27 ± 31 Pa) prior to kaolin induction of hydrocephalus in cats, which then increased

to 3.4 ± 3.9 cm saline post induction. Penn et al. [28] noted the lack of a discernible

pressure gradient between the lateral ventricle, frontal lobe, and the anterior SAS in dogs

using the InSite monitor system (Medtronic Neurological), with a pressure resolution of

∼ 0.5 mmHg (66 Pa). The authors concluded that if pressure gradients existed, they

were smaller than the sensor resolution. Rekate et al. [55] used manometric techniques to

obtain a differential pressure resolution of 0.15 mmHg (20 Pa), in greyhounds. Pressure

differences were only observed during external withdrawal of CSF and caused by the

resistance to flow through the foramen of Monro, which acts as an anatomical ball valve

according to the authors.

Experiments in human subjects have provided mixed results. In three control sub-

jects a transmantle pressure of 70 ± 120 Pa was found compared to 480 ± 430 Pa in

eleven patients with normal pressure hydrocephalus [27]. Stephenson et al. [84] pre-

formed carefully monitored experiments and reported no transmantle pressure difference

existed, −1.33 ± 32 Pa, within experimental uncertainty. These experimental measure-

ments suggest that physiologically relevant (time-averaged) ICP differentials, if they ex-

ist, are less than ∼ 30 Pa. Numerical simulation results support this assertion. Two-

dimensional Navier-Stokes simulations of the intracranial space predicted transmantle

pressure remains below 10 Pa, while the ICP pulse amplitude was ∼ 27 Pa [15]. Compu-

tational studies of CSF flow in the cerebral aqueduct required a pressure drop of ∼ 1 Pa

over the 1.1 cm length of the domain to sustain bulk flow rates (0.36 mL/min) observed

in vivo [14].

Blood pressure (and velocity) was measured within the large human arteries using a

catheter tip strain gage transducer (and electromagnetic flow meter) [89]. Zou et al. [58]

recently reported blood pressure measurements in the carotid arteries of mongrel dogs

using a micro pressure transducer.
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Several novel approaches can be found in the literature describing methods to non-

invasively estimate pressure in vivo. Ohara et al. [90] found statistically significant cor-

relation between signal-void phenomenon and ICP, implying that ventricular CSF signal

intensity in MR images can potentially be used to differentiate between normal and el-

evated ICP. Reid et al. [91] described pilot studies to monitor ICP non-invasively by

measuring tympanic membrane (i.e. ear drum) displacement within the middle ear. In

addition, the use of ultrasonography techniques in order to estimate ICP non-invasively

have been described [92, 93].

Urchuk and Plewes [94] used the Navier-Stokes equation to estimate pressure gra-

dient waveforms from PC-MR velocity measurements of pulsatile flow within rubber

tubing. Measurement of pressure gradient in arterial flows was the primary focus of

this study. The authors applied spatial and temporal difference operators to velocity

data in order to determine the pressure gradient waveform, consisting of inertial and vis-

cous contributions. The purpose of the study was to compare PC-MR derived pressure

gradient waveforms to transducer measurements, for pressure gradients on the order of

0.01 − 2.0 mmHg/cm (1.33 − 267 Pa/cm). The quoted precision based on these exper-

iments was 0.01 − 0.03 mmHg/cm (1.33 − 4.0 Pa/cm), which is the upper magnitude

bound for the pressure gradients existing in CSF [6, 14].

Alperin et al. [12, 26] has devised a method to non-invasively estimate intracranial

elastance and ICP from flow-sensitive MR imaging by assuming a monoexponential elas-

tance curve. The authors performed correlation studies on computers [16] and in baboons

to derive relations between time variations in ICP and pressure gradient. Pressure gradi-

ent waveforms, estimated based on the method of Urchuk and Plewes [94], were obtained

in the cervical spinal canal along with PC-MR volume flow measurements allowing elas-

tance and ICP to be estimated.

2.1.3 Volume measurements

In addition to velocity and pressure, the volume (changes) of the fluid spaces also

needs to be measured. Several investigators have estimated volume changes directly from

anatomical medical images [17, 64, 69, 95–97] or by integrating measured fluid volume

flow rate waveforms [12,33,34,65]. Regardless of the technique used to measure volume



57

change, it is necessary to determine the CV’s spacial extent as a function of time.

Lee et al. [95] used high resolution cardiac gated MR imaging to obtain sharp de-

lineation of the cerebral ventricles’ boundaries. Small intensity variations between im-

ages were used to measure changes in the size of the ventricular system through out

the cardiac cycle. The lateral ventricular volume periodically varied by approximately

10 − 20%. Preul et al. [97] preformed off-line analysis of 3D volume data sets to com-

pute the 3D displacement field of the postoperative brain. Images acquired before and

after an endoscopic thirdventriculostomy for treatment of obstructive hydrocephalus (due

to aqueductal stenosis) were compared to determine brain deformation. Ventricular vol-

umes progressively decreased following the procedure, from 218 mL before, to 177 mL

4 days following, and finally to 112 mL at 8 months. Zhu et al. [17] compared ven-

tricular volume and volume change in normals and hydrocephalics. The mean lateral

ventricle volume in eight normal individuals 16.4± 4.7 mL was significantly smaller than

observed in individuals with communicating and obstructive (due to aqueductal steno-

sis) hydrocephalus, 250.3 and 35.5 mL, respectively. Area changes measured in axial

images of the lateral ventricles were converted to volume change by assuming the ven-

tricles expand uniformly as a sphere. A volume change of 0.901 ± 0.406% was found

in the eight normal subjects [17]. Wagshul et al. [69] measured the time course of ven-

tricular volume in rats following kaolin induction of hydrocephalus using post-processing

of coronal 3D-TrueFISP image series. Previously, the ratio of ventricular volume to to-

tal brain volume was estimated from anatomical MR images in humans [64]. Rekate et

al. [96] preformed regression analysis on linear measurements from anatomical images

and postmortem epoxy casts of the canine ventricular system to determine an equation for

ventricular volume as a function of linear measurements obtained in imaging studies.

The volume changes of fluid spaces has also been obtained by integration of the

volume flow rate waveform with respect to time. Utilization of the volume flow rate

waveform to obtain the volume change, while it has been used previously, represents in-

tegration of Equation (1.8) for an incompressible fluid, with Ṁ = 0. Volume flow rate

represents the volume of fluid passing through a control surface per unit time, therefore

integration with respect to time yields the change in volume as a function of time. Alperin

et al. [12] obtained arterial inflow, (scaled) venous outflow, and pulsatile CSF flow at the
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cervical level. Combining these the net transcranial volume flow waveform (i.e. arterio-

venous difference minus cervical CSF flow) was obtained and integrated to determine the

intracranial volume change throughout the cardiac cycle. Peak to peak intracranial vol-

ume change on the order of one milliliter were reported. Balédent et al. [33] integrated

transcranial blood and CSF flows to obtain intracranial vascular and CSF volume changes

during the cardiac cycle. A high inverse correlation was observed due to the volume

constraint imposed by the rigid cranial vault (i.e. the Munroe-Kellie doctrine). Other in-

vestigators integrated volume flow rate waveforms to obtain stroke volumes, generally the

amount of volume passing through a control surface in one direction per cycle, although

the particular definition may vary slightly depending on the authors [12, 33, 34, 64, 65].

Velocity, pressure, and volume (change) represent the various types of measure-

ments required for the control volume analysis. The methods currently available to obtain

the pertinent clinical data sets were discussed. Currently, clinical utilization of these tech-

niques and resulting data sets have been restricted by an inadequate ability to interpret

these diverse measurements directly to intracranial volumes of interest.

2.2 Clinical data processing methodology
Control volume analysis utilizes clinical measurements and processing of subse-

quent data sets as inputs into the conservation equations. Previous measurement tech-

niques and experimental studies provide a starting point for utilizing clinical data sets.

This section introduces new methods to post-process PC-MR image data in order to ob-

tain terms in the momentum conservation equation. In particular, the inertial, momentum

flow, and viscous forces on the control volume have not previously been estimated using

CV principles. Comparison to previous processing methods will be discussed. To add to

the volume change estimation techniques above, we are developing a method to measure

pulsatile volume changes using digital particle image velocimetry (DPIV) and anatomical

MR images by measuring ventricular wall displacements throughout the cardiac cycle. In

all cases, unless explicitly stated, bodily fluids are assumed incompressible, Newtonian

fluids.
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2.2.1 PC-MR post-processing

Phase-contrast magnetic resonance (PC-MR) imaging provides velocity data which

may be interpreted through the mass and momentum conservation equations. Direct com-

putation of terms in Equations (1.8) and (1.9) provides estimates of physical quantities of

interest, such as volume flow rate and momentum flow, viscous drag, and inertial forces,

as well as a scientifically rigorous method to interrelate them. Volume flow rate mea-

surements are common, particularly in bio-fluid dynamics, where this has long been seen

as an indicator of health. Non-invasive, image-based techniques, such as flow-sensitive

PC-MR imaging, require image post-processing to reliably and automatically compute

the volume flow rate, Q(t) = S (t)V(t) (overbar denotes spacial average), from the raw

spatio-temporal velocity data. Such routines are desired in the clinical setting to provide

real-time volume flow information [98]. This section introduces new methods to analyze

PC-MR velocity data directly based on CV principles. The image processing methods

presented here are appropriate for through-plane PC-MR velocity data sets typical of

clinical flow examinations.

PC-MR phase and magnitude images were imported into MATLAB (R2007a, ver.

7.4, The MathWorks, Inc., Natick, MA, USA) for image processing. Spatiotemporal

velocity values were derived from the phase image series and stored in a three dimensional

data structure Vk
i j, where i and j are spatial indices and k denotes the time step. Phase

values were obtained for each pixel location with 12-bit resolution in the 2π radian phase

domain. Spatially dependent, baseline errors in velocity measurements may be present

due to eddy currents or head motion [17]. To correct for these baseline offsets, a static

background brain tissue region was manually selected. The apparent average velocity in

this rectangular region corresponds to zero velocity and is subtracted from the measured

velocity in the neighboring region of interest (e.g. see Refs. [5, 12, 17, 33, 34, 64]). This

approach is valid because there is no net brain motion over a cardiac cycle [17, 34]. The

standard deviation of phase values in the background region provided an estimate of the

velocity noise level, used to compute the signal-to-noise ratio (SNR), of the data set.

Custom software implemented in MATLAB was used to determine the region of interest

and terms in the conservation equations as follows.
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2.2.1.1 Region of interest segmentation

A region of interest (ROI) must be segmented from the PC-MR data sets to compute

volume flow rate and other terms in the conservation equations. Ideally the ROI contains

only pixels within the lumen of the vessel of interest and represents the portion of the

control surface through which fluid flows. The ROI may be assumed static or may change

as a function of time. Inconsistent ROI selection is a primary cause of measurement error

in volume flow calculations using PC-MR imaging. Manual segmentation may be time

consuming and accuracy and reproducibility depends on the skill of the user and the on-

screen image display parameters [98]. These issues drive the development of automated

segmentation routines with minimal user inputs.

A number of investigators have described methods to compute a ROI from PC-MR

data sets. Several of these methods are based on intensity thresholding of magnitude im-

ages while others utilize velocity measurements to determine the ROI. Intensity threshold

techniques applied to magnitude images provides a simple method to determine ROI,

however require an arbitrary intensity threshold be selected. Enzmann and Pelc [34]

used magnitude images which best depicted anatomic boundaries to manually segment

the ROI. Alperin et al. [12] and Bateman [65] manually segmented vascular regions in

magnitude images. Segmentation by Zhu et al. [17] was based on the T1-weighted or

T2-weighted images with the best cross-section; presumably the image with the hightest

contrast between fluid and solid and sharp boundaries was used. Balédent et al. [33] used

a region growing algorithm and magnitude or velocity thresholds to determine the vas-

cular ROI. A ROI was found for each magnitude image, so that the ROI size and shape

could change with the expanding and contracting vessels.

Segmentation methods which utilize velocity data can be found in the literature

and typically utilize either cross-correlation or spectral techniques. Most of these meth-

ods defined an intermediate parametric image and then implemented a threshold criterion

to create a black and white (BW) image containing the ROI. Within the BW image the

desired ROI was a subset of the remaining white regions and was typically selected man-

ually, however Alperin and Lee [98] have developed a method to automatically determine

an unbiased threshold to increase measurement reproducibility.

Alperin and Lee [98] introduced a pulsatility-based segmentation (PUBS) algo-
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rithm for lumens with unsteady flow and demonstrated the method in blood and CSF in

vivo. Figure 2.3 outlines the process, which has been implemented in MATLAB, based

on Ref. [98]. An axial, through-plane velocity PC-MR data set of flow in the left internal

carotid artery (light circle in Figure 2.3(a)) and internal jugular vein was used to demon-

strate the process. The authors defined a parametric image based on the cross-correlation

coefficient between a reference waveform Rk and the velocity waveform Vk
i j at all other

pixel locations (i, j). The reference waveform was obtained by selecting a pixel within

the lumen of interest, Figure 2.3(a), with a representative velocity waveform. The refer-

ence waveform is displayed in red in Figure 2.3(b) in cm/s. The location of the reference

waveform is marked by a red X in Figure 2.3(a) and three additional locations are tagged

for comparison. Velocity waveforms differ significantly for pixels inside or outside of the

artery, as observed in Figure 2.3(b). The degree of similarity between waveforms was

used to differentiate between lumen and background pixels. Equation (2.1) defines the

cross-correlation image Pi j in mathematical form [98],

Pi j =

∑K
k=1(Rk − R)(Vk

i j − Vi j)√ ∑K
k=1(Rk − R)2∑K

k=1(Vk
i j − Vi j)2

. (2.1)

The reference waveform was compared to the velocity waveform at all pixels in the image

to create a cross-correlation image Pi j, Figure 2.3(c), using Equation (2.1) with Rk from

Figure 2.3(b). In Equation (2.1), k is the temporal index and i and j are spatial indices;

overbars denote temporal averages. Arterial pixels remain bright in the parametric im-

age, Figure 2.3(c), as desired. Using this method, one parametric image may be created

for each time series of velocity images. This allowed a single time invariant ROI to be

determined for each time series.

A cross-correlation threshold was automatically computed to differentiate the ROI

from the background pixels using values of Pi j. A histogram of the number of pixels with

a value greater than the threshold was created, Figure 2.3(d) left panel, which is a mono-

tonically decreasing function of threshold value. Three distinct regions are observed in

this graph, as discussed in Ref. [98], which were required for this technique to provide

reliable automated threshold determination. The computed unbiased threshold value was

chosen automatically at the minimum of the first derivative (smoothed, red) or alterna-
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(a) (b)

(c) (d)

(e) (f)

Figure 2.3: Pulsatility-based segmentation routine introduced by Alperin and Lee
[98]. (a) Axial PC-MR image with four pixel locations marked. (b) Velocity wave-
forms, of corresponding color, found at the pixel locations marked in (a). (c) Cross-
correlation image, Pi j, from Equation (2.1). (d) Left panel: histogram of pixels above
intensity threshold as a function of threshold value. Right panel: first (smoothed,
red) and second (blue) derivatives of histogram. (e) Segmented ROI. (f) Correspond-
ing through-plane velocity contours (cm/s) within the domain of (a).



63

tively at the zero of the second derivative (blue) as is observed in, Figure 2.3(d) right

panel [98]. The automatically detected threshold value 0.685 is marked by green stars

in the figure. ROI segmentation was completed, Figure 2.3(e), by applying the automati-

cally determined threshold value found in Figure 2.3(d) to Pi j and manually selecting the

desired white region from those which remained. Figure 2.3(f) displays a plot of through-

plane velocity contours in cm/s for the domain shown in Figure 2.3(a). Arterial inflow is

positive by definition. Negative venous outflow is also observed in the velocity contours.

Perimeter pixels of the ROI are outlined and the outward normal vectors are displayed

from the 4-connected shear stress estimation technique discussed in Section 2.2.1.2.

Balédent et al. [33] created a semi-automated method to segment CSF pathways

from PC-MR data sets. The method is presented in Figure 2.4, in addition to the explana-

tion provided. Initially, a small portion of the image was cropped around the ROI to speed

data processing. A parametric image was created using spectral analysis of the velocity

data. The velocity waveforms at each pixel were converted from the time domain to the

frequency domain using the fast Fourier transform (FFT). Let the temporal FFT of the

velocity waveforms at each pixel location be defined as, F[Vk
i j] = Vs

i j; where F[ ] is the

notation for FFT, s is the frequency domain, and Vs
i j are the spectral components (i.e. the

power spectral density) at each pixel. Their technique compared the relative contribution

at shr, the heart rate frequency, in the FFT spectrum, Vshr
i j , to a user selected threshold. The

pixel values in the parametric image depend upon flow at the heart rate frequency. From

the new BW image, manual selection of desired region(s) removed remaining spurious

regions.

Wagshul et al. [64] also used spectral methods to create a parametric image, how-

ever, applied multiple threshold criterion directly to the FFT parametric image to deter-

mine the ROI. Pixels were included in the ROI if the following criterion were satisfied:

1) the amplitude of the cardiac component was greater than 3% of the mean velocity at

peak flow in the region (Vshr
i j > 0.03V peak), 2) the pulsatile flow amplitude was greater

than twice the mean flow amplitude of the higher harmonics (Vshr
i j >

2
K−shr

∑K
s=shr+1 Vs

i j),

and 3) flow phase of cardiac component is within ±40 ◦ of the mean phase in the region.

The first two exclude background noise (i.e. high frequency) and non-pulsatile regions

while the third excluded non-CSF flow adjacent to the ROI.
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Figure 2.4: Cerebrospinal fluid segmentation algorithm applied to the subarachnoid
spaces at C2C3. The first step consisted of identifying the most interesting part of
the images. Second, a fast Fourier transform was applied to the 16 velocities of each
pixel of this area to create a new parametric image. Each pixel of this parametric
image characterizes the predefined spectrum fundamental component magnitude of
its velocity curve. A threshold was applied to the fundamental component ampli-
tude of each pixel that was proportional to the velocity at the cardiac frequency.
This threshold was used to extract the pixels with a curve velocity synchronized with
the cardiac cycle and a velocity magnitude above the selected threshold (B). Cere-
brospinal fluid regions were selected (C) from image B by using the computer mouse.
Maximum and average velocity curves of the segmented areas were calculated (D).
Tissues moving at other frequencies were excluded. Frequencies higher than car-
diac frequency were excluded by the segmentation algorithm and lower frequencies
by the phase-contrast process itself. From [33].

Several of the ROI segmentation techniques discussed above were implemented

in MATLAB. Different methods were used depending on the data sets obtained and the

desired ROI characteristics. The method which applies a simple intensity threshold to

magnitude image data was used when high contrast between fluid and tissue and sharp

boundary delineation was observed [17, 34, 65]. The PUBS method of Alperin and Lee

[98] was also coded into MATLAB, as were the spectral methods introduced by Balédent

et al. [33] and Wagshul et al. [64]. The PUBS and spectral methods utilized the temporal

velocity waveforms and therefore only a static ROI was possible, however, processing of

the magnitude images can produce a time dependent ROI as done by Balédent et al. [33]

within the vascular pathways.
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2.2.1.2 Control volume terms

Terms in the control volume equations which contain velocity may be estimated

using velocity measurements obtained by PC-MR imaging. Subsequent offline analysis

and post-processing of these data sets depends upon the CV to which these methods are

being applied. The volume flow rate and momentum flow force are obtained by spatial

integration of velocity values within the ROI to obtain flows through the control surface.

On the other hand, the inertial force term in the momentum equation is determined by

changes throughout the CV, not just on the surface. Viscous forces also occur on the

control surface, but on the outside surfaces of the control volume, not the cross section

that fluids flow through. In general, processing through-plane PC-MR velocity data sets

can be used on two types of control volumes. The first is a control volume in which the

measurement plane coincides with a CS. The second possible CV is one in which the

ROI and slice thickness determine the CV directly. Depending upon the type of control

volume different combination of terms will remain in the conservation equations.

The volume flow rate waveform, Q(t), is the simplest and most commonly com-

puted term derived from through-plane PC-MR velocity measurements. Volume flow rate

is related to the mass flow rate, term (ii) in Equation (1.8), through the fluid density, ρ,

as ṁ =
∫

CS
ρu · n̂ dS = ρ

∫
CS

u · n̂ dS = ρQ. The two terms are proportional in incom-

pressible flow because ρ is constant and can be removed from the integral. The product of

image-normal or through-plane velocity, Vk
i j, and area, ∆S , for a pixel, (i, j), is the volume

flow rate through that pixel at the kth acquisition time. Summation of pixels within the

ROI yields the volume flow in a given pathway (e.g. aqueduct, spinal canal, blood vessels,

or flow phantom) at the kth instant. Data throughout the cardiac cycle allows the volume

flow rate waveform, Qk, to be estimated within the ROI for the k time intervals as,

Q =
∫

CS
u · n̂ dS '

∑
(i, j)∈ROI

Vk
i j∆S = V

k
S = Qk. (2.2)

For a static ROI of area, S = N∆S , the volume flow rate waveform may be written in

terms of the mean (spatial) velocity in the ROI, V = 1
NΣ

N
n=1Vn, as shown in Equation (2.2),

where N is the integer number of pixels in the ROI. The dot product in the integral term

was simplified by using through-plane velocities (u · n̂ ' ±Vk
i j), to be positive or negative
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for fluid exiting or entering a control volume, respectively.

As mentioned previously, numerous investigators have calculated volume flow rates

in vivo using PC-MR measurements [6, 12, 33, 34, 65, 82]. To our knowledge, no studies

have used PC-MR velocity data to compute a fluid’s momentum flow, inertial, and viscous

force terms using the integral momentum conservation equations [71]. Terms in the axial

momentum equation were derived from through-plane PC-MR data as follows.

Momentum flow, term (ii) in Equation (1.9), represents the force flowing fluid im-

parts on a control volume as it crosses the control surface. Computation of the axial

momentum flow waveform was similar to volume flow, however the velocity values at

each pixel were squared and multiplied by the fluid density as,

Ṗaxial =

∫
CS
ρu (u · n̂) dS '

∑
(i, j)∈ROI

ρ(Vk
i j)

2∆S = Ṗk, (2.3)

where ROI represents the same region used in the volume flow calculation, Equation (2.2).

For through-plane velocity data sets, the image-normal direction is the axial direction.

The time-rate of change of momentum within a CV (i.e. storage or inertial), term

(i) in Equation (1.9), may vary for three reasons: due to temporal variations of 1) the fluid

velocity field, 2) the fluid density, and 3) the CV spatial extent. For pulsatile flow of an

incompressible fluid in tube-like control volumes, considered as a first approximation, the

former contribution will significantly exceed the latter two. The axial inertial force on the

CV is obtained from the computed volume flow rate waveform as,

Iaxial =
∂

∂t

∫
CV
ρu dV = ρL

∂

∂t

∫
CS

u dS ' ρL
dQk

dt
= Ik, (2.4)

where dV = LdS and L is the axial length of the CV. The temporal derivative was eval-

uated by central differencing of the discrete volume flow rate waveform, Qk, estimated

using Equation (2.2).

Direct computation of the inertial force would require knowledge of the temporal

changes in the velocity field throughout the CV. In many cases single through-plane ve-

locity data sets are all that is available. In these cases, the axial inertial force can be

estimated assuming the axial velocity profile is independent of the axial direction. This

assumption is shown in Equation (2.4) in going from the first integral to the center term.
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The volume flow rate is found by comparison with Equation (2.2). If L is taken as the

MR slice thickness, then the assumption of no axial variation in the velocity profile is

enforced exactly because the voxel depth averaged pixel values are used.

The viscous shear force, term (v) in Equation (1.9), represents drag on the control

surface due to fluid friction. To compute the shear force on the CV the shear stress at

the wall, τw = µ
∂u
∂n

∣∣∣
w
= µ∇u · n̂w, must be integrated over the control surface. The shear

stress was estimated from the gradient of the through-plane velocity projected onto the

inward surface normal vector, −n̂, of the ROI. This computation is equivalent to the linear

extrapolation method presented by Masaryk et al. [99] for the ordinate directions; here

the technique was generalized to allow computation of the wall normal velocity gradient

in any direction. Summation of the product of shear stress and pixel edge length, ∆s,

within the perimeter pixels of the ROI and multiplication by L provides an estimate of the

axial shear force on the CS,

S axial =

∫
CS
τwdS ' µL

∑
(i, j)∈P

(∇sVk
i j · −n̂i j)∆s = S k, (2.5)

where P are the perimeter pixels of the ROI, dS = Lds, and ∇s is the discrete difference

spatial gradient operator. The axial velocity profile variation is again assumed negligi-

ble as was done for the inertial force estimate, Equation (2.4). As for the inertial force,

if L is taken as the MR slice thickness then this assumption is enforced exactly by the

depth averaging inherent in MR measurements. Initial computation of the viscous force

used the 4-connected neighborhood of the perimeter pixels and central difference meth-

ods to compute the gradients. More recent processing techniques utilize the 8-connected

neighborhood and forward or backward differencing to determine the inwardly directed

gradient at the lumen boundary.

Approximate equality between integral expressions and discrete summations (i.e.

the ') in Equations (2.2)-(2.5) reflects errors which are naturally introduced by spatial

and temporal discretization of the velocity field. The method of Urchuk and Plewes [94],

for estimating pressure gradient waveforms from PC-MR data, was used to compare to

terms estimated by Equations (2.2)-(2.5). Finite difference operations were executed in

MATLAB. The spatial averaging region was computed as the ROI minus the perimeter

pixels, representing the internal portion of the lumen as discussed in Ref. [94]. For direct
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comparison with CV force waveforms the pressure gradient waveform, and inertial and

viscous contributions, were multiplied by S L, the volume of the CV.

2.2.2 Volume change measurement methodology

To supplement previous techniques, an in-house digital particle image velocimetry

(DPIV) processing program has been amended to determine the displacement of the ven-

tricles’ walls in structural MR images, Figure 2.5. This data may be used, independent of

flow measures, to obtain volume changes by summing the change in volume (area change

multiplied by slice thickness) for multiple slices as was done by Lee et al. [95].

DPIV was originally developed to estimate two dimensional velocity vector fields

based on intensity variations within digital images of particle laden fluid flow [100]. The

DPIV processing program developed in the lab consists of a two-pass intensity correlation

technique to determine, with sub-pixel accuracy, the displacement of features within pairs

of digital images [101, 102]. Structural MR images were input into the DPIV program.

The first image in every pair corresponded to the first image in the set, the reference image

or configuration. The second image of each pair was the subsequent image in the series

(e.g. paris were 1-2, 1-3, 1-4, etc.) so that the displacement vector field was measured

instead of the velocity field. DPIV provided a regularly arranged grid of displacement

vectors over the domain of the images.

The array of displacement vectors was interpolated onto the ventricular walls, as

shown in Figure 2.5. Points on the ventricles’ walls were manually selected and con-

nected by cubic spline interpolation, creating a closed contour approximating the ventricle

boundary for each image. Vectors were interpolated from their location within the regular

grid to locations on the computed ventricle boundary. The calculated wall displacement

vectors, δw, (vector lengths magnified for clarity) are colored based on the magnitude of

the wall normal displacement, δw · n̂. Red represents a local distension of the ventricular

space while blue is a local contraction of the ventricles; nominal motions labeled with

green vectors. The wall normal displacement and ventricular geometry throughout the

cardiac cycle allows the volume change to be estimated, and hence for an incompressible

fluid (of constant density, ρ) the change in mass can be found. The volume change of

the fluid space is computed as, ∆V =
∑

slices h
∑

i dsi(δw · n̂)i, where i represents segment
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Figure 2.5: Digital particle image velocimetry volume change estimation technique
illustrated in sagittal MR images at two different times, with DPIV derived displace-
ment vectors along the lateral ventricle’s walls. The vector lengths have been mag-
nified for clarity. Vector color is based on wall normal displacement: red represents
distension, blue contraction, and green nominal normal displacement.

number along the ventricle boundary, dsi is the arc length of segment i, and h is the MR

slice thickness.

In addition to segmentation of structural images and integration of volume flow

rate waveforms, DPIV represents a potential method to calculate and validate other mea-

sures of volume change. Enzmann and Pelc [78] measured peak displacements between

0.1 − 0.5 mm for a majority of brain structures during the cardiac cycle. Therefore, brain

tissues moves typically only a fraction of a pixel, which typically have in-plane dimen-

sions ∼ 0.5−1.5 mm. Fortunately, DPIV was developed particularly to measure sub-pixel

displacements. Displacements of less than 10% of a pixel having been resolved previ-

ously for DPIV [101, 102]. However, DPIV processing only provides reliable wall dis-

placement information in the direction perpendicular to the wall. Tangential motions will

not be detected with this technique. Fortunately, the volume change computation only

requires the wall normal displacement, so this fact should not contaminate the volume

change estimate.



CHAPTER 3
Experiments

Prior to applying control volume analysis to intracranial control volumes, a phantom ex-

periment was performed to test the CV framework in an in vitro experimental model.

Bench top experiments provided a means to work with the control volume framework in

a laboratory setting while utilizing increased pressure measurement sensitivity than is cur-

rently available for clinical sensors. By creating a physical model of the intracranial space

similar clinical measurements could be made to assess the implementation of CV analysis,

and compared directly to resolved pressure measurements. The purpose of the phantom

experiments were to use control volume analysis and PC-MR imaging to non-invasively

estimate pressure differentials within a flow phantom as a proof-of-concept prior to in vivo

studies. These experiments show the conservation equations are enforced in CV analysis

and that pressure differential may be derived from PC-MR velocity measurement analysis

of the fluid forces on the CV.

Ultimately, control volume formulations of CSF and blood flow in the brain may

be performed as a scientifically rigorous means of quantification throughout the brain.

However, as a starting point the flow of CSF in the cerebral aqueduct will be studied

using techniques similar to those used to assess CV analysis in the phantom. The flow

phantom and in vivo aqueduct studies are introduced and measurements were taken and

analyzed using the methodology presented in Chapter 2.

3.1 Methods and materials
Experiments in the flow phantom and the human aqueduct are presented in this sec-

tion. Pressure sensor measurements in the phantom provide independent measurements

of the pressure drop to compare with the control volume approach. However, within hu-

mans, pressure measurements are not possible across the aqueduct, due to access and

resolution issues. In these cases, control volume analysis may be used to estimate quanti-

* Portions of this chapter previously appeared as: B. Cohen, A. Voorhees, T. Wei. Magnetic resonance
velocity imaging derived pressure differential using control volume analysis. Fluids and Barriers of the
CNS, 8(16), 2011.
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ties, such as pressure drop, which could not be measured directly or provide non-invasive

means for determining currently invasively measured quantities. The similarity of these

two experiments, overall, should be recognized.

3.1.1 In vitro phantom experiments

Due to the variability of physiological systems a flow phantom was used as a proof-

of-concept for determining pressure differentials using control volume analysis [85]. Ad-

ditionally, several difficulties of pressure instrumentation and measurement in animals

were overcome with a model system. The flow phantom was designed to mimic the

CSF spaces of the cranium. A pump conducted time varying volume flow into the phan-

tom, representing those seen in vivo at the cranio-cervical junction. The purpose of the

flow phantom was to study a repeatable system in which the pressure differential derived

through the conservation equations could be independently measured using a differential

pressure sensor of adequate resolution.

Figure 3.1 shows computer aided drafts and photos of the flow phantom. Impor-

tant dimensions are shown in centimeters in Figure 3.1(a) and an isometric view of the

phantom model design is shown in Figure 3.1(b). Phantom fabrication followed the lost-

material casting technique presented by Smith et al. [103]. A two part aluminum mold

was designed to create a sphere of low melting point metal (Cerrolow 117, Cerro Metal

Products, Bellefonte, PA, USA). The desired mass of low melt metal was heated in a

clean iron ladle on a hot plate until the metal liquefied at approximately 47.2 ◦C (117 ◦F).

The aluminum mold was heated in warm water before the liquid metal was introduced to

improve the surface finish of the low melt sphere. The liquid metal was poured into the

spherical mold and allowed to cure. Curing was enhanced by quenching in cool water, en-

suring the water and low melt metal never came into direct contact. The low melt sphere

was removed from the aluminum mold once cured, sanded with 2000 grit paper, and mod-

ified in the machine shop on a lathe. The base of the sphere was flattened to a diameter

of 1.27 cm and 1
4 − 20 threads tapped into a center hole in the spheres flattened base. A

1.27 cm diameter aluminum rod mated with the low melt sphere via a 1
4 − 20 set screw.

The aluminum rod and low melt sphere were cleaned, lightly brushed with vegetable oil

as a mold release agent, and hung inside the acrylic enclosure, Figure 3.1(c). Also shown,
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three 0.16 cm diameter stainless steel rods were used to create voids for pressure taps in

the gel.

The acrylic enclosure consists of a 13.97 cm long tube, with an inner diameter of

10.16 cm and 0.635 cm wall thickness, connected to two 13.97 cm square end plates

1.27 cm thick. Acrylic parts of the phantom are shown by hatching in Figure 3.1(a). The

base plate (i.e. the bottom acrylic piece in Figures 3.1(a) and 3.1(b)) was affixed to an

acrylic disk that matches the inner diameter of the tubing as shown in Figures 3.1(a) and

3.1(b). An o-ring between the disk and the tubing was used to create a reversible seal at

this end of the phantom, so that one end plate could be removed as desired. The top plate

(i.e. the top acrylic piece in Figure 3.1(a) and bottom in Figure 3.1(c)) was permanently

attached to the tube chemically using acrylic cement (IPS Weld-on # 16 cement, IPS

Corporation, Gardena, CA, USA).

Agarose gel (AG-LE, MB Grade Agarose, Lab Scientific, Livingston, NJ, USA)

was combined with distilled water at 2% weight/volume (e.g. 2 g agarose /100 mL H2O).

The water and agarose powder were thoroughly mixed and microwaved until boiling oc-

curred; the measured temperature being in excess of 85 ◦C. The clear mixture was al-

lowed to cool to 45 ◦C, the interfacial skin was removed and agarose was mixed again.

At 44 ◦C the agarose mixture was poured into the acrylic enclosure around the metal. It

is important to note that the agarose gel must cool below the melting temperature of the

metal (i.e. 47.2 ◦C) before the agarose is poured to avoid melting the sphere. Once the

agarose has cured, the stainless and aluminum rods were removed and the phantom was

then cleaned with 50 ◦C water to remove the low melting point metal sphere from the

agarose gel. Slight hysteresis in the gel-liquid phase of the agarose makes this technique

possible. The gel remained fluid below the melting point of the low melt metal while the

mixture was cooling, but remained solid well above the melting point when the cured gel

was heated [103].

Figure 3.1(c) shows the phantom prior to the agarose gel being poured and the

metal removed, leaving cavities to be filled by water. The finished phantom consisted

of an acrylic container partially filled with agarose gel, Figure 3.1. The gel contained a

water filled spherical cavity, representing the cerebral ventricular system, communicating

with a cylindrical passage as shown in Figure 3.1. The spherical cavity had a design vol-
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(a) (b)

(c) (d)

Figure 3.1: Phantom schematic and photographs. (a) Dimensioned drawing of the
experimental flow phantom. Hatching denotes acrylic parts in the actual phantom.
Dimensions in cm. (b) Isometric view of flow phantom model. (c) Photo of phantom,
in opposite orientation to (a), taken before agarose gel was poured. Metal occupies
negative volume of gel creating cavities for water. (d) Photo of phantom, taken after
agarose gel cured, leaving translucent white gel.
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ume of 45.19 mL, approximately the volume of the human ventricular system in normal

individual, Section 1.1.1. Plastic connectors were integrated into the base of the phantom

allowing it to be connected to (and disconnected from) tubing. The phantom was instru-

mented with three pressure taps as shown in Figure 3.1. Only two were connected to the

differential pressure sensor during pressure measurements.

The phantom was designed to match the Reynolds number, Re = UDh
ν
u 200, and

Womersley number, α = Dh
2

√
ω
ν
u 16, found at the cervical apex of the spinal canal as

reported by Loth et al. [16]. Here U is the mean velocity at the time of peak flow, Dh

is the hydraulic diameter, ν is the dynamic viscosity of the fluid and ω is the angular

frequency. Water was used as the working fluid to represent CSF. The nominal density

and viscosity of water, ρo = 1 g/cm3 and µo = 0.01 g/cm s, respectively, were used in

the phantom experiments. The Reynolds number is the non-dimensional ratio of inertia

forces to viscous forces for steadily flowing fluid, whereas Womersley number is the

same ratio, however for unsteady or periodic flow phenomenon. For convenience, the

Reynolds number was defined by the maximum flow rate in the phantom, Qmax =
π
4 D2U,

as Re = 4Qmax
πνDh

where D = 1.27 cm is the diameter of the cylindrical passage in the phantom

as shown in Figure 3.1(a). The hydraulic diameter was used to relate the quasi-annular

geometry of the spinal canal to the cylindrical passage in the phantom [11]. Matching

dimensionless fluid dynamic parameters, Re and α, provided realistic values for quantities

of interest in the phantom experiments.

Figure 3.2 illustrates the experimental set up of the flow phantom and the desired

measurements. A computer controlled piston pump (CompuFlow 1000, Shelley Medical

Imaging, Toronto, Ontario, Canada) supplied sinusoidal, zero-net volume flow rate wave-

forms, Q(t) = Q0sin(ωt), into and out of the phantom at its base, where f = ω/2π = 1 Hz

and the volume flow rate amplitude, Q0, was controlled using the pump. A frequency

of one Hertz was chosen to approximate the human heart rate; the principle driver of

transcranial CSF pulsations. The phantom was connected to the pump through ∼ 6 m

of braid-reinforced, high-pressure 0.635 cm inner diameter tubing allowing the pump to

be outside the MR imaging scanner room. A three-way, two-position valve was used to

divert fluid back into the pump during the initial piston transient (not shown in Figure

3.2).
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Figure 3.2: Schematic of the flow phantom experiments. During experiments the
pressure taps were in a horizontal plane (i.e. gravity is perpendicular to the figure
plane). The cylindrical passage is enlarged to show the control volume of interest
with axial length L between pressure taps. Long bold arrow points in axial direction
and short bold arrow depicts the unit outward surface normal vector, n̂. PC-MR
velocity measurements were obtained independent of pressure data under the same
imposed flow waveform. DAQ - data acquisition electronics.

Pressure tubing, 0.8 mm inner diameter spaghetti tubing, connected each side of

the differential pressure sensor (LPM9481, GE Sensing/Druck, Houston, TX, USA) to a

tap in the phantom communicating with the internal fluid cavities, as shown in Figures

3.1 and 3.2. During experimentation the phantom was oriented such that the pressure

taps were on the horizontal mid-plane and unused pressure taps were purged of air and

plugged.

Data acquisition electronics (NIcDAQ-9172 and NI9201, National Instruments,

Austin, TX, USA) and a personal computer running LabVIEW were used to record the

pressure sensor and piston pump output at 5 kHz. The pressure and MR measurements

could not be obtained simultaneously because of measurement interference. Therefore,

all pressure measurements were made in lab at Rensselaer while MR measurements were

made in a MR facility with the same experimental setup and parameters. The appendix

provides calibration experiments with the pump, pressure sensor, and acquisition elec-

tronics.
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3.1.2 In vivo cerebral aqueduct study

Institutional Review Board (IRB) approval was granted for a Limited Data Set Use

Agreement between Rensselaer Polytechnic Institute and Children’s Hospital Boston.

Our collaborators had previously confirmed that PC-MR velocity measurements were

indeed sensitive enough to measure different aqueductal volume flow rate waveforms in

different biological states of the same individual. Extending this line of reasoning, dif-

ferences in the control volume derived force terms (e.g. inertia, viscous, and pressure

differential forces) in the aqueduct would also be expected, depending upon the intracra-

nial state of the patient. To investigate these claims, PC-MR data sets of axial velocities

in the cerebral aqueduct of a patient were obtained in four different biomechanical states

and subsequently analyzed using the data processing techniques presented in Chapter 2.

Discussions with our collaborators were used to interpret the force terms in relation to the

time course of the patient’s biomechanical condition and the treatments they received.

A chronically shunted, 21 year old male patient was found to have non-functioning

lateral and forth ventricular shunt catheters, presumably due to complications associ-

ated with infection. The existing shunt system was removed completely and an external

ventricular drain (EVD) was used to monitor and partially control the patient’s intracra-

nial state. At this time, the patient was able to tolerate short periods with the EVD in

the clamped configuration without displaying symptoms of hypertension. Axial veloc-

ity measurements were obtained in the cerebral aqueduct of this patient with the EVD

either clamped (i.e. EVD closed data set) or unclamped (i.e. EVD open data set). Com-

parison of these two data sets was useful because a significant change in the intracranial

state could be controlled over a relatively short period of time. Approximately one hour

elapsed between the clamp being removed from the EVD to the time the EVD open ve-

locity measurements were obtained, however, it is not clear if this represents sufficient

time for the intracranial dynamics to readjust completely to the change in the state of the

EVD.

Several days following the EVD measurements, the neurosurgeon connected the

lateral ventricular catheter to a shunt valve and distal catheter, which were subsequently

internalized. Initially the patient’s condition, without other drainage routes, was stable.

Again, axial velocities were obtained in the aqueduct, in this case while the shunt was



77

operating and the patient was not expressing symptoms (post shunt insertion data set).

Then, according to our collaborators, over the course of the following several months,

the presentation of symptoms returned. The neurosurgeon reexamined the inserted shunt

system and replaced the lateral ventricular catheter with a fourth ventricular catheter.

This procedure relocated the point of CSF drainage to the shunt from the lateral ventricle

to the fourth ventricle. Aqueductal velocities were again obtained following the shunt

revision procedure (post shunt revision data set). The primary difference between the

shunt insertion and revision data sets are that in the former the catheter was in the lateral

ventricles above the aqueduct, and in the latter the catheter was in the fourth ventricle,

below the aqueduct.

In each of these four biomechanical states of the patient discussed above – 1) EVD

closed, 2) EVD open, 3) post shunt insertion, and 4) post shunt revision – the axial ve-

locities in the cerebral aqueduct were measured by PC-MR imaging. These data sets

were analyzed using the methods presented in Section 2.2.1 and the resulting waveforms

were interpreted in terms of the clinical history of the patient being studied. As discussed

in Section 2.1.2, current resolution of clinical pressure sensors is inadequate to detect

pressure differences between two points in the CSF (e.g. transmantle pressure difference

or pressure differential across the aqueduct). However, using control volume analysis

and non-invasive PC-MR velocity measurements provides a mechanics based approach

for obtaining clinically relevant quantities that currently can not be quantified by other

means, such as in vivo CSF pressure differentials.

The Reynolds and Womersley numbers were defined in the aqueduct using the same

definitions used to define these parameters in the phantom experiments. The density and

viscosity of CSF were taken as the nominal values in the literature (see Table 1.1) as,

ρCS F = 1.0 g/cm3 and µCS F = 1.0 cP = 0.01 g/cm s, respectively.

3.1.3 MR acquisition

MR examination of the flow phantom was carried out using a standard quadrature

birdcage head coil in a 3T MR imaging scanner (Magnetom TrioTim, Siemens, Erlangen,

Germany). The phantom was placed at the center of the head coil and stabilized with

foam blocks.
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Volume imaging of the phantom was performed using a T2-weighted imaging se-

quence. Intensity in T2-weighted images is proportional to the time constant associated

with dephasing of transverse magnetization [73]. Transverse relaxation is also termed

spin-spin relaxation to highlight the importance of interspin energy exchange, eventually

causing complete loss of coherence of the ensemble (i.e. the transverse magnetization

becomes zero). The rate at which this process occurs primarily depends on molecular

interactions. Molecules of bound brain water lose coherence quicker than free brain wa-

ter, such as CSF, because of differences in residence time of neighboring water molecules

in these two states [73]. Images with bright CSF relative to brain tissue in T2-weighted

images are the result of these type of imaging sequences. The following parameters were

used for static volume (structural) imaging of the phantom with no flow: flip angle = 120°,

2 averages, TR = 6000 ms, TE = 385 ms, inversion time = 2100 ms, 3.92 mm slice thick-

ness, 512x380 matrix, and square pixels of 0.5 mm dimension. Images at 36 axial planes

along the phantom were obtained.

Velocities were measured in the phantom using a retrospectively gated, through-

plane PC-MR sequence with the following parameters: flip angle = 30°, number of signal

averages = 2−5, TR = 52−76 ms, TE = 4.6−8.2 ms, Venc = 5−20 cm/s, 11−17 cardiac

phases, 10 mm slice thickness, 128x128 matrix, 25.6 cm square field of view, and flow

encoding in the right/left direction. A pulse generator was used to simulate the cardiac

gating signal. The approximate location of the PC-MR velocity measurement plane in

relation to the phantom is shown in Figure 3.2.

PC-MR images were obtained in vivo using a retrospectively gated, through-plane

sequence in a 3T MR machine with the following imaging parameters: flip angle= 10 −

15°, 2 averages, TR = 139−365 ms, TE = 7.2−8.2 ms, Venc = 7−10 cm/s, 22−31 cardiac

phases, 6 mm slice thickness, and 0.46−0.50 mm in-plane pixel dimension. Measurements

were taken with the patient in the supine position. The imaging study received approval

from the IRB for research on human and the patient provided written consent prior to the

imaging study. The heart rate measured for retrospective sorting was between 83 and 110

beats per minute (∼ 1.4 − 1.8 Hz) in this individual.
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3.2 Results
PC-MR data was processed using the techniques presented in Section 2.2.1 to com-

pute terms in the conservation equations for the phantom and aqueduct control volumes,

respectively.

3.2.1 In vitro phantom experiments

The CV of interest was selected from the volume occupied by water within the

phantom, shown outlined by dashed black lines in Figure 3.2. The mass and momentum

conservation equations, (1.8) and (1.9), must hold at all times for this space and all sub-

spaces therein. The cylindrical region of the phantom, outlined by a red dotted line and

enlarged in Figure 3.2, is of particular interest. For this CV the axial length between the

pressure taps was L = 3.81 cm, as shown in Figure 3.1(a). PC-MR imaging provided

axial, through-plane velocities to estimate terms in the conservation equations using the

post-processing techniques outlined in Section 2.2.1. The output of the pressure sensor

allowed direct measurement of the pressure differential across the CV. Phase ghosting ar-

tifacts were observed in the phase and magnitude images in the phase encoding direction,

however did not greatly impact the image intensities in the ROI.

3.2.1.1 Volume imaging

Structural MR measurements were obtained to characterize the internal volume of

the actual phantom relative to design specifications. T2-weighted MR images were ac-

quired at 36 axial locations in the flow phantom. Owning to the translucency of the cured

agarose gel, visible in Figure 3.1(d), MR imaging was used to study internal geometry.

The images displayed high intensity in fluid pixels, intermediate intensity in the agarose

gel, and were dark elsewhere as expected for T2-weighted images. The acrylic was not

detected, due to the relative abundance of hydrogen nuclei in these materials, only the gel

and water inside the phantom were observed at MR imaging.

The 36 axial slices were reconstructed in MATLAB to create a volumetric repre-

sentation of the phantoms geometry. Figure 3.3 shows results of the volumetric recon-

struction process used to visualize the internal volume; two views are shown. Individual

slices are visible in Figure 3.3. The center pressure tap is faintly visible in Figure 3.3(a)
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(a) (b)

Figure 3.3: Volume reconstruction of 36 axial image slices through the phantom to
illustrate internal geometry. Two views are shown.

because the in-plane resolution of the acquired images (0.5 mm) was less than the internal

diameter of the pressure tubing (0.8 mm).

The internal fluid volume was segmented in the volume imaging series using a

method similar to ROI segmentation based on application of an intensity threshold to the

magnitude images, as discussed in Section 2.2.1.1. The fluid volume of the flow phantom

was estimated by summation of the volume from each slice throughout the phantom.

Threshold values between 0.50 − 0.77 were applied because these values provided the

cleanest segmentation in all the slices. Figure 3.4 displays the normalized sphere and

cylinder volume as a function of intensity threshold level. Segmented pixels were summed

for all the slices in the cylinder or the sphere and multiplied by the slice thickness and pixel

area, to obtain volume in mL within the phantom. The spherical and cylindrical regions

were observed in 11 and 14 slices and mean computed volumes of 45.280 ± 1.90 mL

and 7.064 ± 0.39 mL were obtained, respectively. These values are in good agreement to
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Figure 3.4: Estimates of the internal volume of the phantom. Normalized sphere
and cylinder volume are shown as a function of intensity threshold level 0.50 − 0.77.
Vdesign was 45.19 and 6.85 mL for the spherical and cylindrical volumes, respectively.

those expected based on the design dimensions provided in Section 3.1.1. Vdesign is equal

to 45.19 mL and 6.85 mL, for the sphere and cylinder volume, respectively. The volume

estimates may be inaccurate because of the finite slice thickness (h = 3.92 mm) associated

with each image. However, as observed in Figure 3.4, error was less than 5% over a range

of intensity threshold values from 0.61 − 0.74 for both volumes.

3.2.1.2 Region of interest segmentation

The results of ROI segmentation in the phantom are shown in Figure 3.5. Based

on the images obtained in the phantom, ROI segmentation was achieved by application

of an intensity threshold to the magnitude image which displayed the greatest contrast

between water and gel, shown in Figure 3.5(a). As only one magnitude image was used

to determine the ROI for the entire time series, a static (i.e. time invariant) ROI was used

in the analysis of PC-MR measurements from the phantom experiments. A threshold

value of 0.60 was applied to the magnitude image, Figure 3.5(a) creating a binary BW

image. The intensity values were inverted so that the ROI appears in white as in Figure

3.5(b). Of the remaining white regions in the BW image (there are a total of three in

Figure 3.5(b)) the desired ROI was selected manually. The final segmented ROI is shown
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Figure 3.5: (a) Process of static ROI segmentation begins with magnitude image.
(b) User defined threshold is applied creating a BW image. (c) User manually selects
desired bright region in (b) leaving the ROI of interest. (d) The perimeter pixels of
the ROI are combined with original magnitude image to ensure ROI determination
accuracy.

in Figure 3.5(c), contained N = 32 pixels, and had a measured area of 1.28 cm2. The

design cross-sectional area of the cylindrical passage was S = π
4 D2 = 1.27 cm2, which

was very close to the measured value. The segmented ROI depends upon the selected

threshold intensity, however owning to the large contrast in Figure 3.5(a), segmentation

was relatively insensitive to small changes (i.e. order 0.01 for intensity values between

zero and one) in the threshold value. Comparison between perimeter pixels of the ROI

and the original magnitude image, Figure 3.5(d), confirms the size, shape, and location of

the segmented ROI match the cylindrical passage.

3.2.1.3 Mass conservation

Mass conservation, Equation (1.8), enforces the observation that mass can not be

created or destroyed. Mass production and absorption must be zero in the phantom ex-
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periments. Therefore Ṁ ≡ 0 in Equation (1.8) which, assuming incompressibility (ρ =

constant), simplifies to a balance between the time-rate of change of volume and the net

volume flow rate periodically exiting or entering the CV,

dV
dt
+

∫
CS

u · n̂ dS = 0. (3.1)

Deriving Equation (3.1), the density canceled, which allowed the volume integral to be

evaluated and the partial time derivatives to become a total derivatives with respect to

time. The surface integral in Equation (3.1) can be identified as the net volume flow rate

out of the control volume, Qout
net =

∫
CS

u · n̂ dS . Integrating Equation (3.1) with respect to

time,

∆V(t) = V(t) − V0 =

∫ t

0
dV =

∫ t

0
−Qout

net(t)dt =
∫ t

0
Qin

net(t)dt, (3.2)

we find that the volume change is the integral of the net flow waveform into the control

volume Qin
net, as in Equation (3.2). V0 is the volume when time is zero and ∆V(t) is the

volume change as a function of time.

Figure 3.6 shows the volume flow rate waveform, Qk ' Qin
net(t), computed using

Equation (2.2) within the ROI shown in Figure 3.5(c). Flow into the phantom is positive,

as defined by the axial direction in Figure 3.2. The computed volume flow rate waveform

agrees with sinusoidal behavior at a frequency of 1 Hz, shown as a dashed line in the

figure. The measured Reynolds and Womersley numbers in this study were, Re = 77 and

α = 15.9, respectively. The Reynolds number was less than design specification due to

radial expansion of the tubing connecting the pump and the phantom, which decreased

the amplitude of the flow waveform within the phantom.

The volume change within the phantom was computed using Equation (3.2) with

the volume flow rate waveform in Figure 3.6. The integral was evaluated in MATLAB

by applying the cumulative trapezoid rule to the volume flow rate waveform. The volume

change, Figure 3.7, appears to have sinusoidal behavior with a peak to peak amplitude

approximately 0.25 mL, representing a volume change of less than one percent of the

total internal volume of the phantom. The net volume change over the cycle is negligibly

small, which agrees with the imposed no-net flow waveform.
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Figure 3.6: Volume flow rate waveform, computed from PC-MR velocity data ob-
tained in the phantom. Qk, in mL/min, was calculated using Equation (2.2) within
the ROI shown in Figure 3.5(c) during a single cycle in msec. Flow into the phantom
is positive. Dotted line displays sinusoidal fit.

Figure 3.7: Volume change estimate in the phantom, in mL, during the cycle. Volume
change was computed by integration of the volume flow rate waveform, Figure 3.6,
with respect to time.
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3.2.1.4 Momentum conservation

In the phantom, just as the mass conservation equation could be simplified, terms in

the momentum conservation equation were negligible or zero by definition. The phantom

was static and the axial direction was oriented horizontally during experiments. Therefore

gravity and acceleration, term (iii) in Equation (1.9), was zero in the axial momentum

balance in the phantom. In addition, the force due to fluid flow, term (ii) in Equation

(1.9), may be neglected in short conduit control volumes because the inflow and outflow of

momentum typically cancel in these cases. For pulsatile flow at high Womersley number

(i.e. α = 16), by definition, the viscous force will be small in comparison to the inertial

force and can be assumed negligible as a first approximation [104]. Direct estimates of

the force due to fluid flow and viscous force were obtained from the PC-MR velocity

measurements to validate the assumptions made regarding these terms.

Stated simply, for pulsatile flow of an incompressible fluid in conduit control vol-

umes, such as the cylindrical CV of the phantom in Figure 3.2, the pressure force and the

inertia of the oscillating fluid must balance,

ρ
∂

∂t

∫
CV

u dV =
∫

CS
−pn̂axialdS , (3.3)

according to Equation (3.3). ρ has been removed from the integral and time derivative

because of the incompressibility assumption (i.e. ρ = constant). The velocity in Equation

(3.3) is written as u which is the axial component of the velocity vector u in Equation

(1.9). Axial momentum conservation for pulsatile flow in conduit control volumes, Equa-

tion (3.3), was used to derive pressure differential from PC-MR velocity measurements.

The pressure force may be written as ∆PS assuming the pressure is constant at a given

axial location of cross-sectional area S . In addition, pressure differential ∆Psensor was in-

dependently measured using a high resolution sensor for direct comparison with the CV

approach.

Figure 3.8 displays the inertial, momentum flow (outflow only), and viscous force

terms, computed from PC-MR data using Equations (2.3) - (2.5) in the phantom ROI,

Figure 3.5(c). As expected, the measured momentum (out)flow and viscous force wave-

forms, shown in Figure 3.8, confirm these terms are small compared to the inertial force.

Therefore, momentum conservation indeed simplifies for pulsatile flow in conduit control
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volumes such that the inertial force balances the pressure force on the CV. Uncertainty in

the PC-MR derived inertial/pressure force estimate due to noise in the velocity measure-

ment was σI = σ
CV
p = 1.4 dyne.

Figure 3.9 displays differential pressure sensor measurements obtained across the

CV in the phantom. Each thin line shows the phase average over 12 cycles of a single

experiment. The thick black line displays their ensemble average, providing an estimate

of the mean differential pressure waveform in the phantom. The average uncertainty in

the measured pressure differential due to noise and (phase and ensemble) averaging was

σ∆p = 0.10 Pa. The measured pressure force in Figure 3.8 was found by multiplying the

mean pressure differential waveform, Figure 3.9, by the cross-sectional area, S , of the CV.

Uncertainty in the directly measured pressure force on the control volume was σsensor
p =

Figure 3.8: Terms in the momentum conservation equation for the phantom con-
trol volume in dyne during a cycle in msec. Inertial (•−), momentum flow (outflow
only) (H−) and viscous force (+−) terms were estimated from axial PC-MR imaging
in the phantom. Comparison to the method of Urchuk and Plewes (UP) [94] for
the inertial (− • −), viscous (−+−) and pressure force (−�−) are also shown. Good
agreement between the CV and Urchuck/Plewes method for the computed inertial
force and hence pressure force is observed. The measured pressure force (· ·� · ·) was
calculated directly from the pressure sensor output, Figure 3.9, and the flow area of
the phantom.
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1.27 dyne. Good agreement is observed between the PC-MR derived (ie. inertial) and

directly measured pressure force in Figure 3.8. This serves as a proof-of-concept for our

approach; control volume analysis provides a method to non-invasively estimate pressure

differential from PC-MR velocity measurements.

Figure 3.9: Mean pressure differential waveform in Pa measured by sensor. Phase
averaged pressure waveforms measured by the differential pressure sensor from six
independent experiments are shown as thin lines. The ensemble average of these six
experiments is shown as the thick back line.

3.2.2 In vivo cerebral aqueduct study

The first step in applying control volume analysis, is to define the control volume(s)

of interest and to write and simplify the conservation equations as they pertain to each CV.

Then, once the physical meanings of the terms are determined, data is obtained to calcu-

late these quantities directly. Finally, physical and physiological reasoning is brought to

bear in interpreting the computed physical quantities.

Figure 3.10 depicts two control volumes which are naturally associated with the

aqueduct flow imaging studies. The first (CV1) contains the CSF within the ventricles

proximal to the aqueduct, namely the left and right lateral and third ventricles. This CV

is outlined by a black dashed line in the figure. The second control volume (CV2), the red

rectangle, contains the volume interrogated by the PC-MR acquisition within the aqueduct

(i.e. the ROI and slice thickness define the CV). The axial length is equal to the PC-MR

slice thickness. These control volumes may be compared to those used for the phantom
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Figure 3.10: Two control volumes of interest related to processing of PC-MR data
sets in the aqueduct. The first control volume contains CSF in the lateral and third
ventricles (CV1, black dotted line). The second CV contains the actual aqueduct vol-
ume imaged (CV2, red rectangle). Measured volume (out)flow rate at the aqueduct
of Sylvius Qout

AS is shown.

experiments, in Figure 3.2, of the same color.

3.2.2.1 Region of interest segmentation

The segmented ROIs were computed in the aqueduct using the PUBS algorithm

introduced by Alperin and Lee [98]. This method was implemented in MATLAB, as

discussed in Section 2.2.1.1. Static ROIs for each data set, Figure 3.11, were obtained

to compute the volume flow rates, Figure 3.12(b), and force terms, Figure 3.14, in the

conservation equations. The data sets are numbered 1 − 4 in the order they are shown

in the legend of Figure 3.12(b). The computed areas in mm2 are provided. The ROIs

contained N = 17±0.8 pixels, with a mean cross-sectional area of the aqueduct of Sylvius

S AS = 3.89 ± 0.27 mm2 in this patient averaged over the four data sets.

3.2.2.2 Mass conservation

Mass conservation, Equation (1.8) for the large control volume CV1 in Figure 3.10,

may be written as,
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Figure 3.11: Segmented ROIs from PC-MR aqueduct data sets. ROIs were com-
puted using the PUBS method [98] implemented in MATLAB. Measured areas are
shown in mm2. Area number corresponds to legend entry order in Figure 3.12(b).

dV
dt
+ Qout

AS =
Ṁ
ρ
, (3.4)

assuming the CSF is incompressible with density given by ρ. Qout
AS is the volume flow rate

out through the aqueduct control surface in the caudal direction, as displayed by an arrow

in Figure 3.10. Ṁ
ρ

is the net CSF volume production rate in the lateral and third ventricles.

The computed volume flow rate waveforms Qin
AS from PC-MR data sets of aque-

ductal velocities are shown in Figure 3.12. These waveforms have been temporally cor-

related to the normalized cardiac cycle, R-R interval, by the retrospectively gated PC-

MR measurement technique. The first three volume flow waveforms shown in Figure

3.12(b) nominally match those computed previously by our collaborators, Figure 3.12(a),

for comparison. Note that colors for corresponding data sets match and different scales

were used in Figure 3.12. Slight deviations in the flow rates are observed between the two

graphs. These differences are due to the ROI used in the volume flow computation and

the exact method of defining velocity values from the acquired phase images. In general,

larger amplitudes were obtained using our methods, however the differences are overall

relatively small. The last data set, the black line in Figure 3.12(b), was obtained after the

shunt revision procedure was performed, several months after the shunt insertion data set,
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(a) (b)

Figure 3.12: Volume flow rate in mL/s measured in the aqueduct of a patient in dif-
ferent biomechanical states using PC-MR processing. Temporal normalization was
used to compare sets at different heart rates. (a) Drain clamped, drain unclamped,
and shunt volume flows computed by our collaborators. (b) Volume flows computed
in patient using Equation (2.2) with the ROIs in Figure 3.11.

and therefore is not compared to our collaborators. The mean Reynolds and Womersley

numbers, using the same definitions of these quantities as was used in the phantom, were

Re = 34 and α = 3.6, across the four data sets in this individual.

Temporal integration of computed volume flow rate waveforms have been used in

the past to determine volume changes of fluid compartments, as described in Section

2.1.3. For CV1, the volume change is obtained by rearranging Equation (3.4) and inte-

grating with respect to time,

∆V(t) = V(t) − V0 =

∫ t

0
dV =

∫ t

0

Ṁ
ρ
− Qout

AS (t) dt =
Ṁ
ρ

t +
∫ t

0
Qin

AS (t) dt, (3.5)

where ∆V(t), the volume change of the lateral and third ventricles, is both a function of

the net production in the lateral and third ventricles and the net flow rate waveform as

stated in Equation (3.5). Therefore, in the aqueduct, the integral of the volume flow rate

waveform may not be sufficient to determine the volume change of the lateral and third

ventricles, without knowledge of the net CSF production rate within these ventricles. Due

to the discrepancy between the time scales of CSF production and the cardiac cycle, the

net CSF production rate can be taken as a constant, over time scales of the cardiac cycle
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(∼ 0.66 s), and removed from the time integral, as shown on the right of Equation (3.5).

Indeed, the CSF production in this time will be extremely small, less than 0.004 mL

assuming all CSF was produced in CV1, and as a first approximation will be neglected.

The computed volume change waveforms for CV1 in each biomechanical state are

shown in Figure 3.13 and were obtained by numerical integration the corresponding vol-

ume flow rate waveforms in Figure 3.12(b). Similar analysis in the phantom is presented

in Figure 3.7. Computed peak-to-peak volume changes on the order of 0.01 mL were

obtained for these data sets. Residual volume change at the end of the cycle may be

associated with the net CSF volume produced Ṁ
ρ

T in the cycle of time T , which is nom-

inally of the correct magnitude to account for the observed residuals. However, accurate

estimates of net CSF production rate by this method is difficult to obtain because of the

uncertainty in static background subtraction, Section 2.2.1, which if done incorrectly will

calculate a net volume change due to an incorrect estimate of background velocity.

Figure 3.13: Computed volume change in the lateral and third ventricles. Volume
flow rate waveforms in Figure 3.12(b) integrated with respect to time to obtain the
volume change in the ventricles proximal to the aqueduct where volume flow was
measured. Volume in mL during the normalized cycle for each biomechanical state.



92

3.2.2.3 Momentum conservation

PC-MR velocity measurements were obtained in the cerebral aqueduct with the pa-

tient in the supine position for the four biomechanical states discussed in Section 3.1.2. In

this orientation, the axial direction in the aqueduct is nominally perpendicular to gravity,

and the patient’s head was static. Therefore, the body force term, term (iii) in Equation

(1.9), was zero in the axial momentum balance in the aqueduct (L = 6 mm). Forces on

CV2 were determined in the patient. CV2 has an axial length equal to the MR slice thick-

ness. As in the phantom, a conduit control volume was used, so the momentum inflow

and outflow would nominally cancel.

Figure 3.14 shows the computed momentum (out)flow (flux), viscous, and inertial

forces, and the pressure force estimate computed, in dynes over the average normalized

cycle in each of the four biomechanical states. The force waveforms are plotted with re-

spect to the normalized cardiac cycle, in each case, with the cycle beginning after the R-

wave obtained during the retrospectively-gated MR study. Each panel is titled to identify

the data sets. Colors and axes bounds are consistent in all the figure panels to aid compar-

isons. ROIs in Figure 3.11 were used to compute force terms for the corresponding data

sets shown in Figure 3.14. The force due to fluid flow (out of the control volume) is shown

by the blue lines (flux) in Figure 3.14. While this term is not small when compared to the

other terms, the net force due to fluid flow, outflow minus inflow of momentum through

a single MR acquisition slice, will be small and is assumed zero. Viscous forces in Fig-

ure 3.14 were computed using the 4-connected method discussed in Section 2.2.1.2. The

measured viscous forces are not small in comparison to the inertial term in the aqueduct

and will therefore be included in the pressure estimate (i.e. PressureEstimate = Inertia -

Viscous). The pressure estimates, shown in green in Figure 3.14, were taken as the dif-

ference between the inertial and viscous forces, as dictated by the terms remaining in the

axial momentum balance in the aqueduct.

Working with Dr. Boyer’s student, a viscous force estimation method based on an

8-connected pixel neighborhood around the perimeter pixels is being developed. This

method is inherently more accurate for several reasons discussed in Section 2.2.1.2. Re-

sults of the 4- and 8-connected methods are shown in Figure 3.15, as solid and dashed

lines, respectively, computed within the corresponding ROIs in Figure 3.11 using both
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Figure 3.14: Computed flow, viscous, inertia, and pressure force estimates computed
from PC-MR data sets in the aqueduct. L is taken as the slice thickness for the
viscous and inertia, and hence the pressure force is defined over the slice thickness.
Force due to fluid flow (flux) is for outflow only.

methods for comparison. Overall both methods appear to measure approximately the

same viscous force in each case. The lack of a significant difference reflects either the

small size of the domain, meaning fewer perimeter pixels are involved in the computa-

tion, or the inherent similarity between both methods of viscous force estimation.

The pressure estimate from each case in Figure 3.14 is shown in Figure 3.16 on a

single set of axes. In all cases the pressure differential goes from positive to negative,

indicating that the pressure gradient reverses direction during the cycle. In addition, each

waveform is distinct from the others, illustrating that CV analysis is sensitive enough to

differentiate between different biomechanical states. In fact, both phase, amplitude, and

shape differences are observed between the estimated pressure force waveforms across the

aqueduct control volume. In general, the EVD sets have broader peaks when compared

to the shunted data sets, which show larger, narrow peaks. There is also a phase offset

between the data sets, such that the negative pressure peak becomes delayed in the cycle
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Figure 3.15: Viscous forces in the four aqueduct data sets computed using the 4-
and 8-connected methods discussed in Section 2.2.1.2. Solid and dashed lines for
each data set compare the 4- and 8-connected methods, respectively.

from EVD closed to EVD open and shunt insertion, and finally returning to earlier in

the cycle for the shunt revision case, while the magnitude of the negative pressure peak

increases between each successive set. These types of information can be utilized by

clinicians to directly relate physical quantities obtained or estimated using CV analysis

to physiological explanations that can be proposed for further testing. Figure 3.16 also

provides quantitative estimates for intracranial pressure differential waveforms which, to

our knowledge, may not be obtained by direct pressure measurement. To illustrate this,

assuming a pressure force on the control volume of 0.6 dyne, e.g. see Figure 3.16, the

equivalent pressure drop across the (6 mm) aqueduct is 1.5 Pa or a pressure gradient of

2.5 Pa/cm, which is an exceedingly small quantity, and could not be resolved in vivo by

state of the art clinical sensors.

3.3 Discussion
Control volume analysis, used in these experiments to determine pressure force

caused by the flow of fluid, is of great potential utility within the clinical community.

Non-invasive estimation of pressure differential is merely one way CV analysis can be

utilized. Depending upon the choice of CV, different terms in the momentum conservation
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Figure 3.16: Estimated pressure force on CV2 in Figure 3.10 found as the inertia
minus the viscous force on the control volume. Pressure force waveform estimated
for the four data sets are shown.

equation are zero by definition or are shown to be negligibly smaller than other terms. Put

another way, the physics occurring in a control volume dictate the terms remaining in the

balance equations. Therefore, choosing a CV which will provide meaningful information,

and upon which measurements are feasible, is a principle concern of the investigators.

Similar methods of control volume analysis were used for the in vitro phantom and in

vivo aqueduct studies presented in this chapter. Phantom experiments were performed to

compare control volume derived pressure estimates and direct sensor measurements of

the pressure difference between two points in the fluid. These methods were then applied

in vivo to study the variations observed in the pressure differential across the aqueduct in

different states of a hydrocephalic patient.

In the phantom and aqueduct studies, a large control volume was used to study mass

conservation and a small conduit control volume was used for momentum conservation.

There are several reasons for this. Mass conservation in a conduit control volume is

trivial, unless there is radial expansion of the control volume, in which case dV
dt = L dA

dt ,

0 and the inflow and outflow must be measured. The radial expansion of the conduit

control volumes discussed was extremely small and neglected as a first approximation. By

applying mass conservation to all the CSF above the PC-MR measurement plane, volume
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change of this space was estimated by integration of the volume flow rate waveform.

On the other hand, applying momentum conservation to these large control volumes, too

many undetermined terms remained for a reliable assessment of the forces on the big CVs

to be determined.

In short conduit control volumes, such as the cylindrical passage in the phantom or

CV2 in the aqueduct, the momentum inflow nominally cancels the outflow at the oppos-

ing CS, i.e. momentum flow contributes when there is a single in/outflow surface, large

changes in velocity profile between entrance and exit, or extreme changes in the bulk flow

direction occurs within the CV. In these experiments, the velocity profile on the inflow and

outflow surfaces are expected to be similar due to the small axial length of the control vol-

umes. Therefore, it was assumed the overall momentum flow force term, inflow minus

outflow, was equal to zero. Figures 3.8 and 3.14 shows the momentum flow term for only

one of these surfaces, not the difference between inflow and outflow of momentum, which

would be much smaller and therefore was neglected in both of these control volumes.

Previous investigations have noted that the contribution from the viscous force is

small in comparison to the inertia of the oscillating fluid column [12, 94]. Consistent

with previous studies, the viscous forces on the control volumes were relatively small, as

shown in Figures 3.8 and 3.14. This is expected at large Womersley number, α ' 2.5,

for which the transient inertial forces should dominate the viscous forces by definition

[104, 105]. In the phantom α = 16, while the computed mean Womersley number in the

aqueduct studies, assuming the aqueduct cross-sectional area can be approximated by a

circle (A = πr2 = 0.0389 cm2), was found to be α =
√

2 f A/ν = 3.6. In both cases

α > 2.5, however in the aqueduct, where the inequality is less pronounced, viscous forces

are not neglected in comparison to the inertial force in the aqueduct as was done in the

phantom. Hence the pressure estimate in the aqueduct is derived from inertial and viscous

waveforms, while in the phantom, only from the inertial force estimate.

Control volume analysis and the published method of Urchuk and Plewes [94] pro-

duced similar waveforms for the inertial and viscous contribution to the pressure force in

the phantom, shown in Figure 3.8. While the methods used to compute these terms was

quite different, the same conservation principles were enforced. In fact, the assumption of

no axial variation in the velocity profile, assumed in CV analysis of conduit control vol-
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umes, is equivalent to the assumption in Ref. [94] that the convective acceleration is zero.

The observed similarity of the viscous shear force for both methods may be explained by

considering Gauss’s Theorem [70]; the differences in computed viscous force arising be-

cause different regions were used in the computation. Using analysis provided by Urchuk

and Plewes, the mean uncertainty of the phantom pressure estimate due to noise in the

velocity image was σUP
p = 1.38 dyne. While the results are similar, the utility of CV

analysis is much greater than just this particular application; however, this phantom ex-

periment was selected because it provided a direct comparison to an established method.

Comparison to the method of Urchuk and Plewes is not shown in the aqueduct because

similar results were obtained and good agreement was observed. Based on the control

volumes studied in this manuscript, the simplification and rational for omitting terms re-

sulted in an overall force accounting very similar to that of Urchuk and Plewes [94].

SNR was computed as the ratio of signal to noise root mean square (rms) amplitude

squared, to reflect the ratio of the power contained in these signals. Typical SNR for

data sets used in the phantom study were approximately 25. Using the relation for σv,

the velocity noise standard deviation in two-point velocity images, yields σv =
√

2
π

Venc
S NR =

0.36 cm/s when Venc = 20 cm/s [75, 94]. Therefore, in the phantom, the uncertainty

in Qk due solely to noise in the velocity measurement was estimated as, σQ =
Sσv√

N
=

4.8 mL/min, which represents approximately ten percent of the amplitude of the measured

flow rate waveform (σQ/Qmax ∼ 0.1). In the aqeuduct data sets, typical SNRs were

approximately 20, and Venc = 10 cm/s. In the aqueduct, the noise standard deviation in

velocity images was σv = 0.23 cm/s and therefore the noise uncertainty in the volume

flow rate was σQ = 0.0021 mL/s in the aqueduct.

Propagated uncertainty in the volume flow rate waveform included the effect of

noise in the velocity measurement. As mentioned in the PC-MR post-processing section,

Section 2.2.1.2, there is also error introduced by using discretely sampled velocity data

to evaluate terms in the conservation equations. This affect was studied independently

by simulating velocity images in MATLAB using Womersley’s exact solution [104] with

similar parameter values found in the phantom; Re = 77, α = 16, pixel size (0.2 cm),

ROI area (1.48 cm2 , 37 pixels), and flow amplitude (46 mL/min), and aqueduct studies;

Re = 34, α = 3.6, pixel size (0.5 mm), ROI area (3.25 mm2 , 13 pixels), and flow amplitude
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(0.59 mL/s). The analytic solutions were compared to the volume flow rate computed

using Equation (2.2) throughout the image time series. The normalized rms deviation of

the computed flow rates in the phantom and aqueduct were 1.6% and 5.42%, respectively,

relative to the analytic solution at these conditions. The rms deviation was normalized

by the flow amplitude in each case. At high Womersley number the velocity profile is

relatively flat for a majority of the radial direction [104], fortunately providing reliable

volume flow estimates, however making the viscous shear force difficult to determine

accurately because of the large changes in velocity over short radial distances near the

lumen boundary. Based on the control volumes used for momentum conservation, the

inertial force dominates, and therefore accurate estimates of volume flow are extremely

important for reliable pressure force estimation.

Pressure and flow have been related in previous models of CSF dynamics. The most

common phenomenological models used hydraulic resistance to relate pressure drop to

flow rate, ∆P = QR [18, 65]. In using this relation bulk flow theorists implied that the

pressure difference and flow waveforms were in phase at all times. When pulsatile dy-

namics were considered, complex variables were used to account for the phase difference

between pressure and flow [58]. Temporal phase relationships between the various flow

and pressure waveforms are commonly used as an indicator of local or global compli-

ance [6, 24]. The conservation equations impose a rigorous constraint on the pressures

on the control volume, that they balance the sum of all other forces acting on the CV. In

the phantom CV, the inertial force and pressure force balance and therefore the pressure

and flow are out of phase. In the aqueduct, the viscous forces were also included with

the inertial force in the pressure estimate, and therefore no strict phase relationship is

imposed.

Non-invasive measurement of velocities can be used, along with the integral conser-

vation equations and the control volume framework, to quantitatively determine important

in vivo quantities, such as pressure differential; abnormalities of which may lead to a dis-

ordered state. Figures 3.12 to 3.16 display the results of control volume analysis, within

the aqueduct of a hydrocephalic patient in four different biomedical states of their EVD

or shunt system. The rational for examining this patient using control volume analysis is

primarily due to the relatively high level of control afforded the neurosurgeon in investi-
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gating the intracranial state of this chronically shunted individual. Our collaborators are

investigating if the volume flow rate information can be used to make clinical diagnosis,

treatment, and management options, however, we feel a more informative interpretation

of the data could potentially be obtained from examining the force terms, in particular the

pressure differential estimate, computed in vivo.

The estimated pressure force, Figure 3.16, represents the time varying pressure dif-

ference across the MR acquisition slice in the aqueduct of this individual. It is clear

that each waveform is distinct from the others, illustrating that CV analysis is sensitive

enough to differentiate between different biomechanical states. Indeed, Figure 3.16 pro-

vides quantitative results for an intracranial quantity which, to our knowledge, may not be

obtained by direct pressure measurement. These waveforms are all temporally correlated

to the patients cardiac cycle through the retrospective shorting of cardiac gated images.

Each exhibits a unique magnitude and phase relationship corresponding to a particular

state of the individual. Discussions with our collaborators, regarding the patient’s condi-

tion and time course of treatments and interventions, were used to interpret the estimated

pressure force waveforms. The important aspects of the patients medical history, as they

relate to this case study, were presented in Section 3.1.2.

Overall, the estimated pressure force for the EVD closed (or clamped) and the EVD

open data sets are relatively similar is shape and magnitude, however there is a slight

phase offset between these two waveforms. That a difference was observed, in the esti-

mated volume flow rates and each of the force terms, between these two data sets, reflects

the level of sensitivity achieved by combining PC-MR velocity measurements with inte-

gral control volume analysis. Upon opening or unclamping the EVD, the pressure wave-

form shifts to later times in the normalized cardiac cycle, as is observed by comparison

of these waveforms in Figure 3.14. The phase lag appears to be approximately a tenth of

the cycle time. Previous studies have shown that as intracranial compliance decreases the

time delays within the cranium also decrease [6, 24, 58] or conversely as the compliance

increases, so too will signals take longer to propagate. In an intuitive sense, this makes

sense because the “squishier” the brain the slower signals will be transmitted, and with

less fidelity, through the CSF and blood. This is observed upon opening the EVD, which

increases the compliance by providing communication between the CSF and atmospheric
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pressure, as an increased phase lag in the pressure difference across the aqueduct. Over-

all, however this represents a relatively small change to the biomedical state because only

a phase shift is observed, without much change in the shape or amplitude of the pressure

force across the aqueduct, as would be expected.

After these diagnostic tests were performed, the (lateral) ventricular catheter was

connected to a shunt and internalized. PC-MR measurements were obtained while the

patient was feeling well but the investigators were unsure how well the shunt was flowing

at the time of the exam. The computed pressure estimate is shown in red in Figure 3.16 for

the post shunt insertion data set. Again, an increased phase lag is observed, because the

operating shunt increases the CNS compliance which is again observed as an additional

phase delay relative to the R-wave. In addition, the shape of the waveform has now

changed slightly, in that the peaks are becoming more narrow, and of greater magnitude

than was observed previously in the EVD sets.

Over the next several months, the presentation of symptoms in the patient returned,

and a shunt revision procedure was performed, in which the lateral ventricular catheter

was replaced with a fourth ventricular catheter, but utilizing the same shunt valve as in the

previous procedure. The primary difference between the post shunt insertion and shunt

revision data sets are the locations of the catheter, in the lateral and fourth ventricle, re-

spectively, above and below the location of velocity measurements in the aqueduct. The

pressure force estimate at post shunt revision has an increased amplitude and narrower

peaks in relation to the other three sets. However the phase offset from the R-wave has

now decreased, with respect to the post shunt insertion data set, to a value similar to that

found for the EVD open data set. Continued discussions with our collaborators will pro-

vide more insight into the CSF dynamics in this patient; the monitoring of this individual

is ongoing as the presentation of symptoms returned again recently.

While some of this (phase and magnitude) information may be found by examining

the volume flow rate waveforms in the aqueduct of this patient, Figure 3.12, the pressure

estimates contain additional information which is distinct from the volume flow wave-

forms. A majority of the contribution to the pressure estimate comes from the inertial

force, which is related to the time-rate of change of volume flow rate, as stated in Equa-

tion (2.4). However, the viscous contribution, in general, need not be exactly in phase
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with the volume flow rate waveform. Indeed, in steady (i.e. Hagen-Poiseuille) flow this

is the case, however in unsteady flow, such as Womersley’s solution, the phase lag be-

tween the pressure (also a balance of inertia and viscous shear) and flow rate increases as

a function of the Womersley number α [104]. In fact, the phase lag asymptotes to π2 rad

at large α, which is the purely inertial limit, and the phase lag is exactly reproduced by

the flow rate derivative, which may be envisioned as a superpostion of sinusoidal terms

(e.g. Fourier series). Similarly, in the pulsatile flow in the aqueduct, the viscous shear

need not be exactly in phase with the flow rate, if the inertial forces dominate, however,

at moderate Womersley numbers, we expect the flow and viscous shear to be relatively

similar in phase and shape.

3.4 Conclusions
Diagnosis and treatment of hydrocephalus is hindered by a lack of systemic under-

standing of the interrelationships between pressures and flow of cerebrospinal fluid in the

brain. Control volume analysis provides a fast, scientifically rigorous method for relating

fluid flow and pressure information [85]. Results of phantom experiments show agree-

ment between control volume derived and directly measured pressure differential in vitro

which serves as a proof-of-concept for determining in vivo pressure differentials non-

invasively using control volume analysis and flow-sensitive magnetic resonance imaging.

These methods were then applied to intracranial control volumes associated with

aqueductal PC-MR measurements in four different biomedical states of the same individ-

ual. Differences in the measured pressure forces reflect different intracranial pathophysi-

ology without resorting to analogies which may obscure the true system dynamics. These

experiments have demonstrated the concept of control volume analysis, using in vitro

and in vivo experiments, as a tool to direct acquisition of clinical data, guide the off-line

analysis of acquired data sets, provide a framework to interrelate the various clinically

measured quantities, and interpret the results within a precise, physically meaningful,

simple, exact, and direct fluid dynamics based approach.



CHAPTER 4
Thoughts for future work

To date researchers acknowledge the need for rigorous but utilitarian fluid mechanics

understanding and methodologies in studying normal and hydrocephalic intracranial dy-

namics [15]. Previous experiments and models could benefit from integration of control

volume principles into their studies. CV methods provide a direct link between deter-

mining which clinical data sets to obtain, how to process, interpret, and interrelate these

data sets, and are based directly on fundamental fluid physics principles applied in their

most expedient, generalized form. Phenomenological assumptions, such as intracranial

compliance or the assumed pressure-absorption relationship (e.g. see Figure 1.8), pro-

vide insight into intracranial dynamics, however does so, potentially, at the expense of

oversimplifying important physical interactions.

To address these issues, we propose applying a systems level fluid dynamics ap-

proach to the study of hydrocephalus. The goal of this approach is to provide a first

principles framework to integrate a broad spectrum of sometimes disparate investigations

into a highly complex, multidisciplinary problem. As such, this dissertation presented a

new framework to guide experimental hydrocephalus research using the most basic fluid

dynamics analysis.

Application of our approach, in an in vitro flow phantom experiment and in vivo

aqueduct experiments, illustrate the techniques involved in determining proper control

volumes to apply the conservation equations to, obtaining the desired data sets, subse-

quent post-processing methods for these data sets, and interrelating various estimated

quantities directly through the integral conservation equations as they apply to the partic-

ular control volumes of interest.

The processes of utilizing control volume analysis and clinical measurements as a

tool for quantifying and relating intracranial quantities of interest were presented in the

previous chapters. Moving forward, intracranial control volumes which provide mean-

* Portions of this chapter previously appeared as: B. Cohen, A. Voorhees, S. Vedel, and T. Wei. De-
velopment of a theoretical framework for analyzing cerebrospinal fluid dynamics. Cerebrospinal Fluid
Research, 6(12), 2009.
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ingful insight into normal intracranial dynamics and deviations to disorder will be pro-

posed and tested in vivo. To illustrate the versatility and generality of the control volume

framework consider Figure 4.1, which shows four control volumes of possible interest to

understanding intracranial dynamics. As stated previously, several control volumes will

be needed to fully quantify the important interactions of intracranial dynamics. Control

volumes of various sizes may also be used to study interactions occurring at different

scales.

Figure 4.1(a) depicts a control volume containing the CSF within the third ventricle.

The arrows represent mass flow (in the nominal direction of bulk flow) at the locations

where fluid crosses through the control surface. However, it may be more interesting to

create a control volume which encloses all of the CSF within the ventricular system as

shown in Figure 4.1(b), or all the CSF within a given individual, Figure 4.1(c). Within a

single CSF compartment (Figure 4.1(c)) continuity, Equation (1.8), would simplify such

that the change in mass is equal to formation minus absorption with no mass flow term.

If the CV contains all the CSF in the individual, there can be no CSF flow through the

control surface by definition. For an incompressible fluid, the control volume equations

simplify to the volume constraint used to derive the pressure volume models, Equation

(1.1), for a single CSF compartment [38].

Likewise, blood flows and pressure are of interest in hydrocephalus research. A

control volume enclosing a portion (or all) of the cerebral blood is illustrated in Figure

4.1(d). Utilizing control volume analysis within the blood is an important piece of the

overall intracranial accounting. For each of the example control volumes in Figure 4.1

the same form of the conservation equations were used initially. However, the equations

will take different forms depending on the physical meaning of the terms in the equations.

It is to say, each control volume will allow different information to be extracted from the

conservation equations, making the choice of control volumes to study very important.

Minimally, at least one control volume for the CSF and one for the blood is required

to study the important interactions that define the intracranial state. Just as the rancher

(Section 1.2) keeps track of animals entering and leaving through the corral gates and

the total number of animals inside the corral, control volume analysis is simplified by the

fact that only effects occurring at the control surface and net changes within the volume
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Figure 4.1: The generality of control volume analysis shown through example of four
in vivo control volumes. Control surfaces coincide with fluid/tissue interfaces. To
completely enclose the specified volumes control surfaces must intersect fluid path-
ways; it is at these locations where velocity measurements are needed. Individual
ventricles, such as the third ventricle a), can be used to determine parameters rele-
vant at the scale of a single ventricle. Similarly, the entire ventricle system b) may
be used to estimate CSF production by the choroid plexus. The largest CSF control
volume contains all the CSF in a given individual c), in both the ventricular system
and the subarachnoid spaces. Blood too must be accounted for, here by a control
volume colored red d) which contains all the intracranial arterial, capillary and ve-
nous blood. In a) and b) arrows represent the nominal direction of bulk flow and
dotted lines in c) represent the control surface.

are required. The rancher need not account for every animal at all times, as the system

formulation would require. Nor must the neurosurgeon need to know the CSF flow and

pressure at all intracranial sites if the control volume approach is used. The fundamental

nature of control volume analysis ensures the important physics are enforced but does so

in a simplified, holistic approach.
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4.1 Third ventricle control volume analysis as an example
Consider applying the proposed framework to the CSF within the third ventricle,

as shown in Figure 4.1(a). Control surfaces coincide with the CSF/brain interface (which

may move and deform) and “imaginary” (purely for mathematical accounting) surfaces

across the foramina (of Monroe) and aqueduct bounding the third ventricle. This may

not be the definitive intracranial control volume, however it was selected because both in-

flow and outflows are present and PC-MR measurements have previously been obtained

which are adequate to apply control volume analysis. In addition, volume changes of the

third ventricle have previously been measured [95]. These measurement techniques pro-

vide direct, non-invasive estimation of a significant portion of terms in the conservation

equations.

Control volume analysis typically begins with the mass budget (1.8) because it is

simpler to evaluate and leads to constraints which carry over to the momentum equation.

Term (i) in Equation (1.8), in this case, represents the change of CSF (mass) in the third

ventricle. Volume change may be estimated using a variety of techniques. Generally,

volume (change) measurements are based on processing of image data, be it velocity

or anatomical images. Reliability of volume estimates depend on image resolution, the

volume change amplitude, and technique limitations. Lee et al. [95] have measured third

ventricular volume change throughout the cardiac cycle.

Velocity (image) data taken throughout the cardiac cycle allows volume flow wave-

forms to be computed, as has been done previously by numerous investigators for various

fluid pathways [12,17,33,34,64,65,69,77]. In this example, for the third ventricle, mea-

surement of CSF velocities through the control surface at the interventricular foramina (of

Monroe) from the paired lateral ventricles and at the aqueduct/ventricle “boundary” are

needed. PC-MR measurements have been obtained at these locations (e.g. see [33, 66])

and allow direct measurement of the mass flows crossing the control surface, the physi-

cal representation of term (ii) in mass conservation. It can be seen then that (iii), the net

production/absorption rate in the third ventricle, could be estimated with reliable measure-

ments of the other two terms, namely the time varying CSF mass (or volume) of the third

ventricle and the net CSF mass (volume) flow through the control surfaces, respectively.

If, for example, measurements were obtained over a cardiac cycle, the mass production
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could be much smaller than the other terms. In this case, then the volume change would

balance the net volume flow rate through the control surface.

We next turn to the momentum equation (1.9) which represents a balance of forces

on the control volume. The major difference between mass and momentum conservation

is the inclusion of pressure terms in Equation (1.8). The time-rate of change of momentum

(inertia force) and momentum flow (or force due to fluid flow), terms (i) and (ii) in (1.9),

respectively, can be found in a similar fashion to the corresponding terms in the mass bud-

get. Computation of the inertial force requires some information about the velocity field

throughout the CV. At a minimum, pressure measurements are needed at the same loca-

tions on the control surface as the flow measurements, namely where the foramina and

aqueduct meet the third ventricle. However, due to issues of access and inadequate sen-

sor resolution compared to the small pressure differentials between communicating fluid

cavities, pressure differences are not likely to be directly measured between two points

on the control surface. If instead the other terms are reliably estimated, or determined to

be zero or extremely small based on physical reasons, the pressure at two locations on

the CS can be related through the momentum equation, Equation (1.9). If pressure was

measured at one point on the control surface, the pressure at another location could then

be determined from the computed pressure force on the CV. The pressure acting along

the remainder of the control surface (not at flow passages and typically coincident with

physical boundaries) will typically cancel to a negligible value because pressure acts uni-

formly in all directions and control surfaces are closed by definition. The viscous forces

on the ventricle’s walls may be estimated from velocity field measurements within the

CV using methods presented in Section 2.2.1.2. However, within larger fluid reservoirs

the flow is expected to be three dimensional and therefore several velocity components

may need to be measured. In conduit control volumes, the flow is primarily along one

direction and through-plane velocities are sufficient to reliably estimate the viscous force.

The body forces (i.e. gravity and acceleration) in Equation (1.9) can be found as long

as the volume (change) of the system is known, since g and a are constant throughout

intracranial control volumes for any head acceleration (e.g.
∫
ρ(g − a) dV = ρV(t)(g − a)

for incompressible fluids). Integral control volume analysis, then, naturally incorporates

the changes which take place during dynamic postural changes, which can have a signif-
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icant impact on normal intracranial dynamics as recently shown in Ref. [68]. Typically

MR measurements are obtained with the individual in the supine position so that gravity

is (nearly) perpendicular to the axial anatomical direction. Momentum conservation, as

enforced in control volume analysis, represents a new method to account for pressure and

relate it to flow in vivo [85].

The power of control volume analysis lies in the fact that only terms accounting for

net changes within the system and flow and pressure at the control surface are encoun-

tered. Thus the use of control volumes preclude the need for velocity and pressure field

information everywhere in the cranium, greatly simplifying the analysis. Measurements

are directly tied to the physical meaning of terms in the conservation equations, (1.8) and

(1.9), and obtained using a blend of modern techniques such as MR imaging with sub-

sequent off-line image processing and implantable micro-pressure-transducers. With this

approach, measurements taken at different locations can be related through the control

volume budgets directly using fundamental conservation principles. In addition, interac-

tions between systems and subsystems can be studied, by using several control volumes

of various scales, and are potential locations for key deviations from equilibrium. Con-

trol volume analysis requires similar clinical inputs as continuum models, i.e. velocity,

volume, and pressure data, but determines overall behavior without detailed knowledge

of the entire flow field.

4.2 Research and clinical standardization
Integral control volume analysis has been widely used among engineers and physi-

cists to extract important physical information about structures and devices within fluid

flow. Typical uses include: the calculation the thrust produced by a jet engine based on

the flow field through the engine or lift on an airfoil (or drag generated by a obstruction to

flow) can be computed based on knowledge of the velocity field. These important param-

eters can be obtained with a minimal knowledge of the flow. When more detailed analysis

is desired, such as the velocity and pressure distribution within the jet engine or on the

airfoil surface, respectively, then the differential (continuum) forms of the conservation

equations must be solved (e.g. the Navier-Stokes Equations or continuum equations of

solid mechanics). Control volume analysis requires similar clinical inputs as continuum
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models, i.e. velocity, volume, and pressure data, but determines overall behavior without

detailed knowledge of the entire flow field. This fact underscores the primary advan-

tage of control volume analysis, the need for meaningful information to be obtained with

minimal modeling effort.

The current state of hydrocephalus research appears to be non-convergent in that

each investigator has selected a particular measurement or quantity, which is seen as the

determining factor for diagnosis or treatment options and outcomes. This state of af-

fairs makes inter-investigator comparisons difficult if at all possible. Potentially, control

volume analysis could be used to address this divergent trend in the hydrocephalus litera-

ture. If the hydrocephalus clinical and research community agreed upon a CV, or a set of

control volumes, to guide the clinical measurement, examination, and subsequent inter-

pretation of the data, then comparison across studies, individuals, clinics, and continents

would provide a growing repository of experiments which were obtained using a universal

standard. Neurosurgeons, neurologists, and medical physicists would be able to simply

compare the results of their clinical exams with others throughout the world, providing an

increasingly informed approach to patient management as more data is compile and com-

pared from similar assessments. Should a systematic analysis become common place, it

may lead to a universally accepted classification and definition of hydrocephalus and re-

lated disorders based on quantitative clinical assessment. This would vastly improve the

efficacy of information exchange between clinics and researchers alike.

Steering an entire research community is not a simple task. However, as this ap-

proach is used it will gain acceptance as improvements are made to the measurement

techniques available to clinicians, the processing methodologies employed by researchers,

and interpretation of physiologically relevant data can be statistically compared to other

studies. In order for control volume analysis to achieve this lofty goal, an interesting,

novel application of the approach must be found and performed.

4.3 Proposed clinical studies
Postshunt ventricular asymmetries could potentially be an interesting condition to

study using control volume analysis. The ventricle containing the shunt catheter is smaller

than normal while the opposite lateral ventricle will be normal or enlarged in size [44].
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This seems to implicate asymmetric pressure differences, causing cerebellar remodeling

and volume changes, which may be quantified using the techniques presented in this

dissertation.

ETV treatment is also a subject currently of interest because of the uncertainty in

which patients are candidates for this treatment option and the mechanism by which im-

provements may or may not be observed. Control volume analysis of flow through the

ablated floor of the third ventricle into the SAS could be useful in providing quantita-

tive data for the assessment of this treatment option. Adding an inflow/outflow control

surface to the third ventricle control volume discussed above would provide a means of

comparison to other individuals.

It would also be interesting to perform a large number of aqueduct flow studies in

individuals to study the possible relationship between pulsatile aqueductal CSF flow and

ventricular volume change in communicating hydrocephalus. An explanation, along with

convincing quantitative results, has not been obtained to date although several studies

have been performed [17, 69]. Similar studies at the cervical SAS can be performed and

related to blood flow at this level as well. Collecting data in a large number of individuals

and patients will allow statistical comparisons to be used to compare groups of healthy

and disordered individuals.

Continued discussion and collaboration with clinicians in the field is required as

this technique advances in complexity and more problems are identified for examination

using the techniques previously presented.
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APPENDIX A
Phantom experiments

A.1 Pump calibration
The computer controlled piston pump (CompuFlow 1000, Shelley Medical Imag-

ing, Toronto, Ontario, Canada) was characterized for steady flow by two independent

methods. Measurements in the lab at Rensselaer calibrated the pump in steady flow using

a turbine flow rate meter (FLR1010, Omega Engineering, Stamford, CT, USA). Steady

flow was also measured using PC-MR imaging to compare the pump output to the vol-

ume flow rate calculation, Equation (2.2). In both cases approximately ∼ 17 m of braid-

reinforced, high-pressure, 0.635 cm inner diameter tubing was used to pump water using

the constant flow setting on the piston pump.

The piston pump was connected to a long length of tubing with the turbine flow

rate meter in the middle of the loop. Steady flow rate settings of 2, 5, and 7 mL/s were

set on the pump and the output voltage of the flow meter was recorded in LabVIEW.

Steady flow was maintained at a given setting for several minutes before values were

recorded to ensure steady state constant flow was maintained. Typically flow reached the

desired value within a few seconds of starting the pump. The Omega Engineering factory

calibration was performed in water at 23 ◦C and the measured error was less than 1% of

the full scale value.

Figure A.1 compares the measured DC voltage output from the FLR1010 flow me-

ter during sensor calibration in the factory (�, Factory) and at Rensselaer (+, RPI) verse

the steady flow rate setting. Linear regression lines and calibration equations for each

set are shown in the figure. Both have high linearity (R2 ≈ 1), a near zero intercept, and

are close to the nominal calibration curve, the dotted line in figure. The nominal cali-

bration, Q = 4
3VDCsensor, was calculated based on the sensor full scale measurement and

output ranges. In this expression VDCsensor is in Volts and Q has units of mL/s. Based

on these observations the nominal calibration curve will be used to convert the output of

the FLR1010 sensor to flow rate.

Steady flow was measured at the MR facility using a phase contrast velocity sen-

119



120

Figure A.1: Measured flow rate sensor output in VDC verse the nominal flow rate
setting of the piston pump (+). The factory calibration (�) is also shown. Linear
fits lines, equations, and R2 values are provided for each set of measurements. The
nominal calibration curve is shown as a dotted line for comparison.

sitized imaging sequence on a 3T MR imaging scanner (Magnetom TrioTim, Siemens,

Erlangen, Germany). A large water bottle was used as a static background as shown in

Figure A.2. The tubing was passed back and forth through the magnet bore four times and

tied to the bottle for support. The four passes were all axially aligned relative to the imag-

ing system and provided two measurements of flow rate in both directions, Figure A.2(b).

A standard quadrature birdcage head coil was used as the receiving coil. A through-plane

PC-MR sequence with the following imaging parameters was used to obtain velocity es-

timates: flip angle= 30°, 2 averages, TR= 75.85 ms, TE= 7.39 ms, Venc = 20− 100 cm/s,

10 mm slice thickness, 128x256 matrix and square pixels of 0.25 mm dimension. Steady

flow settings of 2, 5, and 10 mL/s were tested. The range of encoding velocities reflect

this change.

Area and volume flow rate was computed using the methods discussed in the PC-
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(a)

(b)

Figure A.2: PC-MR (a) magnitude and (b) phase images of steady flow calibration
at 5 mL/s. The large central circle is the static water bottle. Pixel intensities in (b)
are proportional to through plane velocity. Venc = 50cm/s for this data set.

MR post processing section. Four measures at each flow rate were obtained, one for each

tube segment in Figure A.2(b). A threshold was applied to the magnitude images, Fig-

ure A.2(a) to create a black and white image. The tubing area was measured in pixels

and converted to cm2 using the pixel dimension. The average measured area 0.3143 cm2,

compared very well to the expected area 0.3167 cm2. The error between the measured

and actual area is less than 1% and the standard deviation of the measurements was ap-

proximately 3.5% of the actual area.

Figure A.3 shows volume flow rate measured during steady flow conditions by the

sensor and obtained from PC-MR measurements. The output voltage from the sensor,

Figure A.1, has been converted to flow rate using the nominal calibration curve. PC-MR

flow rate was derived using Equation (2.2) with the steady velocity measurements. The

dotted line in the figure represents equality between the sensor and PC-MR derived flow
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rate measurements. Generally, agreement was good between both methods and show the

pump to be well calibrated for steady flow operation. This result also means the PC-MR

flow rate measurements are reasonably accurate in steady flow. (paper quoting steady

flow accuracy of PCMR).

Figure A.3: Nominal steady flow setting of the pump verse measured flow, both in
mL/s, using the flow meter (+) and PC-MR velocity imaging and post processing (◦,
four per flow rate). Diagonal line represents equality.

A.2 Differential pressure sensor calibration
As mentioned previously, the best resolution of clinical pressure monitoring is

∼ 20Pa. For the phantom experiments a ±10Pa range, 12-bit sensor was used (pressure

resolution ∼ 0.005Pa). The pressure sensor (LPM9481, GE Sensing/Druck, Houston,

TX, USA) was extremely sensitive enabling detection of minute pressure differences pro-

duced in the phantom. Since 10Pa ≈ 1mmH2O, using water as the working fluid required

great care be exercised during calibration and experimentation.

Estimates of the dynamic response behavior of the pressure-transmitting fluid and
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connecting tubing were obtained from relations provided by Holman [106]. For the sim-

plified pressure tubing and transducer setup discussed, Figure A.4, the natural frequency

ωn and damping ratio h are analytic expressions of the system variables.

ωn =

√
3πr2c2

4LV
(A.1)

h =
2ν
cr3

√
3LV
π

(A.2)

Table A.1: Variables and values used to compute dynamic response of pressure mea-
surement system

Variable Value
r 0.0397 cm
L 45.7 cm
V 4 cm3

c 1.5x105 cm/s
ν 0.01 cm2/s
ω 2π rad/s
ωn 675.72 rad/s
h 0.0282
|p/p0| ≈ 1
φ −8.34x10−5rad

Here r and L are the radius and length of the pressure tubing, c is the sound speed in the

fluid, V is the volume of the pressure transducer chamber, and ν is the kinematic viscosity.

Using values in Table A.1 for the pressure transmitting system in the phantom, the natural

frequency and damping ratio are 675 rad/s and 0.0282, respectively. These values are

also reported in Table A.1.

A pressure fluctuation of amplitude p0 and frequency ω is incident on the pressure

transmitting system, as shown in Figure A.4. This pressure fluctuation produces a pres-

sure fluctuation at the transducer with amplitude p0. Holman defines the amplitude ratio

|p/p0| and phase φ at the transducer element as a function of the frequency ratio ω/ωn and

the damping ratio, h [106].
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Figure A.4: The pressure-transmitting system consists of pressure transmitting tube
connected to a pressure transducer.

∣∣∣∣∣ p
p0

∣∣∣∣∣ = 1√
[1 − (ω/ωn)2]2 + 4h2(ω/ωn)2

(A.3)

φ = tan−1 −2h(ω/ωn)
1 − (ω/ωn)2 (A.4)

For the phantom experiments the frequency ratio ω/ωn ∼ 100 � 1 and therefore in the

limit as the frequency ratio goes to zero, |p/p0| tends to unity and φ to zero. The actual

computed values are presented in Table A.1.

To calibrate the pressure sensor two vertical cylindrical tanks were connected at the

base by a u-tube with a valve in the center. Each port of the pressure sensor was connected

to one of the tanks. With the valve open, water in both tanks reach an equilibrium water

level and therefore the pressure difference was zero. With the valve closed, the tanks

were isolated and could be manipulated systematically to calibrate the sensor. A solid rod

with a diameter 10% that of the tank’s (inner diameter) was inserted causing the fluid to

rise 1% of the rod’s inserted length. The sensor and tubing configuration exhibited a first

order response to step inputs of various magnitudes. For steady experiments the output

voltage was calibrated against known step pressure increases using the tank apparatus

previously mentioned and by independently measuring pressure drops in steady pipe flow

using manometers.

Figure A.5 shows the pressure sensor calibration. Pressure differential measure-

ments made using the tank apparatus, from the GE calibration in N2 gas, and the nominal
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calibration curve are shown in the figure. The pressure sensor output voltage, in VDC,

was subtracted from the initial zero value for each experimental measurement and was

compared to the known pressure difference caused by The linear regression line for the

tank setup measurements are shown with the fit equation and the R2 value. Agreement be-

tween the three curves For this reason the nominal sensor calibration will be used, unless

explicitly stated otherwise. Discrepancy in steady manometer experiments was primarily

due to relatively poor resolution of water column height measurements and uncertainty in

the experimental set up.

Figure A.5: Measured pressure sensor output minus initial (zero) value in volts
during steady state calibration experiments. Steady manometer was obtained in
fully developed pipe flow by measuring the water column height difference between
manometers. Tank step input was obtained from measurements similar to those men-
tioned above. GE calibration was obtained from the factory and performed in nitro-
gen gas, where all in-house calibrations were performed in water. The nominal line
was computed from the ideal calibration curve of the sensor.

The frequency response of the sensor was studied at 1 Hz by oscillating the rod in

the tank setup to a known depth. Two time scales were observed in the sensors response.

At the one second time scale the measured pressure fluctuations matched the expected

peak to peak value of the oscillating submerged rod. However, over the course of min-

utes, the output average of the sensor changed by a magnitude corresponding to the mean
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submerged length of the rod. The slow time scale associated with mean pressure differ-

ence is associated with slow flow through the pressure tubing, which carries mass from

one side of the sensor diaphragm to the other.

A.3 Simultaneous DPIV and pressure measurements
As stated in Chapter 3, the PC-MR velocity measurements could not be obtained

at the MR facility at the same time as the pressure measurements. To ensure that control

volume analysis was indeed enforced within the phantom control volume, concurrent

measurements of velocity and pressure were required. Simultaneous measurement of

velocity and pressure were obtained by inserting a clear acrylic test section between the

tubing and the base of the phantom. DPIV experiments were preformed to this end.

Temporal correlation between the pumps motion, the measured pressure, and the DPIV

images were recorded in LabVIEW. Image pre-processing and DPIV processing provided

a measure of the temporal variations in the velocity profile at the same time pressure

measurements were made. Results of these experiments, confirmed, as did the forces

measured in the phantom, that the terms on the control volume must balance as dictated

by the conservation equations for the CV.


