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Fluid Mechanics. — Special phenomena occurring in small blood vessels: Models,
interpretation and importance for life, by ANGioLO FArRINA, ANTONIO FAsaNo and
FaB1o Rosso, communicated on 13 December 2024.

ABsTrACT. — This article deals with special phenomena that characterize the blood circulation
in arterioles and venules (size range 50-500 pm): the Fahraeus-effect, the Fahreeus—Lindqvist
effect and vasomotion. These phenomena were discovered a long time ago and have been the
subject of various conjectures, both about the physical causes and the physiological effects. Some
of these conjectures have turned out to be wrong, but in any case, it is confirmed that these
phenomena have a fundamental importance for life. A series of studies by the present authors
between 2016 and 2023 have provided a physical interpretation of such phenomena based on
rigorous mathematical models. Furthermore, our analysis includes the study of the combination
of vasomotion and the Féhreus-Lindqvist effect. We emphasize how these effects influence each
other and why they prove to be very important for life by enhancing venous circulation and making
the process of peripheral O,/CO, exchange more efficient. Particular attention will be paid to the
latter aspect and the comparison of the model results with the experimental results collected over
the years. The material is structured to emphasize the effectiveness of the mathematical approach
and its consistency with the underlying physiology and experimental measurements.

Keyworbps. — hemodynamics, RBC’s migration, blood microcirculation, vasomotion,
perfusion.
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1. INTRODUCTION

Blood dynamics presents a challenging problem in physics due to the composite nature
of the medium. Various techniques have been proposed to describe these phenomena,
such as particle-based multiscale methods (see [11,78]). Another valuable approach is
Computational Fluid Dynamics (CFD) modeling, which is particularly useful when
other imaging modalities are unavailable, and in-depth flow assessment is required.
CFD involves numerically solving relevant physical equations to approximate the
hemodynamics of blood flow and the behavior of surrounding tissues (see, for instance,
[19,31,32,66,67,71] and references therein). Additionally, dissipative particle dynamics
has been used to study the complex interactions in blood flow (see [30,44]).
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One of the major challenges in modeling blood flow through micro-channels arises
because, at scales ranging from tens to hundreds of microns, blood behaves as a
multiphase suspension of deformable particles (see [62]). For a comprehensive overview
of this subject, see Bessonov et al. [7] which provides an excellent review of the peculiar
characteristics of blood rheology.

One, if not the most important of these characteristics, is that blood viscosity may
vary with vessel diameter, hematocrit and blood flow discharge.

Our approach to studying blood microcirculation aims to explain certain long-
observed phenomena based on solid physical principles. This approach contrasts with
studies that derive empirical formulas to fit experimental measurements (see, e.g.,
[65]). Instead, we aim to derive such formulas theoretically and then validate them
with available data.

Jean-Léonard-Marie Poiseuille (1797-1869) was an outstanding personality who
received an excellent scientific education at the Ecole Polytechnique (where Ampére was
one of his teachers) and went on to study medicine. No wonder he laid the foundations
of hemodynamics by experimenting with blood flowing through tubes. The famous law
that bears his name! links the flow rate? Q* to the pressure drop Ap*, the pipe radius
R* and the length L*:

7 R**

1.1 * = Ap*,
(1.1) 0 8 L+ P

where n* is the viscosity of the fluid. The law, which only applies to incompressible
Newtonian fluids with laminar flow, can be easily derived from the basic equations
of fluid dynamics (the Navier—Stokes equation and the continuity equation). These
classical equations have been extensively and successfully used to model blood flow in
a sufficiently large vessel, including the so-called fluid-structure interaction, i.e. the
deformability of the vessel wall (see [29, Chapter 1], for bibliographical references). Of
course, more sophisticated dynamical models have been proposed for blood, based on
various constitutive laws, but we can say that the basic Newtonian model works quite
reasonably in many cases [1,29]. However, a completely different scenario arises when
we consider “small” vessels. A sentence by Mchedlishvili [59] is worth mentioning:

The available laws of fluid mechanics cannot be used for a better understand-
ing of the microcirculation in the living capillaries, and hemorheology in the
microcirculation requires a different approach than the laws of fluid mechanics.

() The law is often referred to as the Hagen—Poiseuille law, whereby the name of the German

engineer is Gotthilf Heinrich Ludwig Hagen (1797-1884), who discovered it independently.
(?) Starred quantities are meant to be dimensional.
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Capillaries

Tissue cells

Capillaries

Ficure 1. Based on their structure and function, blood vessels are classified as either arter-
ies, capillaries or veins. Arteries carry blood away from the heart. Large arteries branch into
microscopic arteries called arterioles. Capillaries, the smallest and most numerous of the blood
vessels, form the connection between the arteries and the venules and veins that return blood to
the heart. The primary function of capillaries is the exchange of materials between the blood and
tissue cells. By National Cancer Institute, National Institutes of Health (U.S.A.) Public Domain,
https://commons.wikimedia.org/w/index.php?curid=45154160.

In fact, we have to distinguish two major types, depending on whether the vessel
diameter is comparable to the size of red blood cells (RBCs) or not (see Figure 1).
Human RBCs have the shape of a disk with a diameter of 7-8 pm and a thickness
of 2-38 um (slightly less in the middle, so that the volume is ~ 908 um?) and are
quite flexible. The latter property is of fundamental importance because when the
erythrocytes reach the very small vessels, the capillaries, where they release their O,
charge in exchange for the CO, accumulated in the tissue, they must bend, as the vessel
diameter can be almost half the cell diameter. If they fail to do so, this leads to a serious
obstruction of blood circulation with various, even fatal, consequences. This is the case
with Sickle Cell Disease, a disease caused by a defective hemoglobin structure. No
model of fluid dynamics can describe the blood flow in the capillaries, as the composite
structure of the blood becomes dramatically visible and the erythrocytes account for
almost half of the blood volume (the normal value of hematocrit H , i.e., the percentage
of erythrocytes by mass, in humans is 41-50% in men and 36-45% in women).

At this level, blood does not have to be examined as a heterogeneous fluid, but
plasma and erythrocytes must be considered separately [28,72]. Apart from the extreme
case of capillaries, the composite nature of blood also has remarkable consequences for
flow in not so small but still small vessels such as venules and arterioles (see Figure 1),
in the range of at least 67 times the diameter of erythrocytes up to half a millimeter.
Strange phenomena have indeed been observed for a long time, but only recently have
they received an explanation on a solid physical basis, which also allows us to better
interpret their physiological significance. The first phenomenon we are concerned with
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FiGure 2. Original data from the Féhraus—Lindqvist experiment [22]. The measured viscosity is
relative to that of the plasma.

is the Fahreeus-Lindqvist (FL) effect. This occurs in blood vessels with a diameter in the
range of 50-300 pm and is named after the two Swedish scientists Robin Fihraus and
Johann Torsten Lindqvist [22]. During their experiments with their own? blood, they
discovered an unexpected phenomenon: the apparent* viscosity of the blood depends
on the diameter of the tube if it is smaller than 300 pm. Even more surprising is that
the apparent viscosity decreases with decreasing tube diameter; see Figure 2.

The same phenomenon was observed somewhat earlier by another team indepen-
dently [58]. The problem of justifying the FL effect on a strictly fluid dynamic basis
has long been an open issue [72]. Indeed, blood in tubes such as veins and arteries
above a size of ~ 300 pm and at a relatively high shear rate (> 100s™!) exhibits the
characteristic Newtonian behavior of an incompressible fluid despite its composite
(particulate) nature. On a smaller scale, however, this no longer applies, as inhomo-
geneity effects become very significant and must be taken into account. What physical
mechanisms are responsible for such a counterintuitive phenomenon on a microscopic
scale? This puzzling question has long remained unanswered.

Robert Haynes made an important contribution in this direction almost thirty years
after Fahreeus and Lindqvist [46]. The main idea in Haynes’ work is that the erythrocytes

(®) See [22, p. 563].
(*) This adjective when used jointly with viscosity typically refers, in rheology, to the

measured viscosity of a fluid at a specific shear rate. If the fluid viscosity changes as the shear
rate changes, this is a hallmark of non-Newtonian behavior. However, in the context of blood
microcirculation, the influence of shear rate on blood viscosity is often much less significant than
other factors, such as vessel diameter or hematocrit. These factors tend to dominate blood flow
properties in microcirculation, so while blood exhibits non-Newtonian behavior in a broader
sense, the apparent viscosity in this context is not primarily governed by shear rate as it would be
for other classic non-Newtonian fluids (like polymer solutions or suspensions).
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reorganize their movement to form a core-annular flow, with a large percentage of
plasma remaining confined in the peripheral ring and a large percentage of erythrocytes
in a central core. The physical reason for this is reminiscent of Jeffrey’s [48] idea that
the natural configuration of motion of a fluid suspension in a vessel is one in which
dissipation caused by friction with the wall is minimized. Although Haynes’ idea is
suggestive and has been confirmed by recent observations [14,39, 52], it has not been
supported by rigorous evidence. Only recently have some new papers been published
that aim to rigorously prove both Haynes’ idea and the FL effect [26,43]. Moreover, the
core-annular flow structure hypothesized by Haynes was recently shown to be stable
in [34,35]. The mathematical model in this work was then successfully tested with
classical experiments. In addition to the focus on modeling, Ascolese et al. [3] also
emphasized the role of the FL effect for life, to which we devote Sections 2.1, 2.2
and 2.3.

The second fascinating aspect of microcirculation that we will discuss below is
the Fahreaeus (F) effect, which was discovered by Robin Fahraus [21] in 1929. Once
again, we are dealing with a phenomenon that defies intuition. It would be reasonable
to expect the hematocrit to remain the same regardless of vessel size. Instead, Fahraus
found that as the vessel diameter decreases, the hematocrit of the blood in the vessel
also decreases. There is no doubt that Fahreeus was fully aware that what he discovered
in 1931 together with Lindqvist was closely related to what he had discovered in 1929.
The two effects must be directly related, but how can this be explained? From the point
of view of physical intuition, the F effect is even more surprising than the FL effect.

Experiments reporting the F effect are fewer in number than those relating to the FL
effect, partly due to the difficulty of limiting the errors associated with any measurement
of hematocrit [4, 5, 14,36-38,40,49]. While the measurement of blood viscosity as
a function of vessel diameter is essentially a measurement of volumetric flow rate
followed by an application of Poiseuille’s law, to measure hematocrit one must stop the
flow, draw a blood sample in the capillary tube and then measure the percentage of solid
mass (RBCs). This procedure is associated with large uncertainties. In Section 3.1, it
is shown that the F-effect can also be modeled on a fluid dynamic basis [23]. It will
not surprise us that the leading ideas and the arguments put forward to justify the FL
effect are closely related.

As for the FL effect, one would like to know if there is a physiological reason that
causes the blood flow to rearrange its cellular components according to the F effect.
This question is addressed in Section 3.3, where, following [3,24], it is shown that the
F-effect increases tissue perfusion.

The last part of this paper, Section 4, is devoted to vasomotion. This phenomenon
consists of periodic radial oscillations of the vascular wall which are not related to the
heartbeat. It occurs in arterioles and venules, both of which are surrounded by muscle
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cells. It was first observed by the Scottish ophthalmologist Thomas Wharton Jones [50]
in the venules that run along the bat wing membrane, whose structure is particularly
well suited for the observations. There is a fundamental difference between vasomotion
in venules and arterioles, as only the former are equipped with valves that convert the
oscillations into a driving mechanism. The latter effect is very important, considering
that in the venous system, the hydraulic pressure gradient of the blood is very low. For
the historical and anatomical details, we refer to the book [29, Chapter 1.5], as well
as to the paper [27]. In addition, we recall the paper [53], modeling the underlying
physiological mechanism.

It must be emphasized that this phenomenon has considerable characteristics that
severely impair blood flow. Typical values for the oscillation frequency are around
10 cpm (or 0.17 Hz), with an amplitude of 25% of the mean vessel diameter, but under
exceptional conditions, a frequency of 25 cpm (0.42 Hz) and even 100% amplitude
have been observed [47]. The oscillations are not symmetrical in the contraction phase
(faster) and in the expansion phase (slower). For many years, there has been widespread
agreement that vasomotion contributes effectively to the regulation of blood perfusion
in the tissues [10,17,33,47,68,69,77].

The first mathematical model of vasomotion of venules based on the fundamental
equations of fluid dynamics (Navier—Stokes equations and incompressibility condition)
was presented in [25] as part of a more general study of peristaltically driven flows
in vessels with an inlet and an outlet valve. A variant of the model that improves the
fit to experimental data was presented in [9]. Vasomotion is in fact a limiting case of
peristalsis, where the wavelength of peristalsis is much larger than the length of the
channel, so that the wall profile is practically straight at all times.

In Section 4.1, we examine the case of the arterioles. An early attempt to model
vasomotion in arterioles was presented in [60,61] by simply assuming a sinusoidal wall
oscillation and averaging the blood outflow through the vessel over a certain period of
time. The authors concluded that the effect of vasomotion is to increase outflow, but this
contradicts the experimental results reported in [41,42]. In fact, the actual consequence
of vasomotion is the opposite, as the vessel cross-sectional area is periodically reduced,
a circumstance that has an unfavorable effect on the flow rate. The contradiction arises
from the fact that in [61], the authors took the mean vessel radius as the reference
value and not the one corresponding to the configuration in which the smooth muscle
cells are at rest (unstretched) and the lumen is therefore the largest possible. So the
legitimate question arises: if the vasomotion of arterioles is not beneficial for blood
flow rate, what is it for? The answer came recently with the paper [23], in which it
was shown that the oscillations with different frequencies of the vessels afferent to an
arteriolar tree can periodically direct the blood flow to one sector rather than another
due to the corresponding phase shift.
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The mathematical model proposed in [23] confirms the experiments of Lapi et
al. [56]. Indeed, capillary blood flow is modulated by changes in the diameter of the
terminal arterioles, which facilitates the redistribution of blood flow according to the
metabolic requirements of the tissue. In Section 4.2, we investigate vasomotion in
combination with the FL effect. The latter indeed works in the opposite direction
by increasing both discharge and energy dissipation, but the combination of the two
phenomena ultimately proves to be beneficial. In Section 4.3, we compare the average
hydraulic resistance provided by the mathematical model for vasomotion in arterioles
with the experimental data from Gratton et al. [42]. Even if an uncertainty of 30%
of the measured values is taken into account, the correction induced by the FL effect
seems to satisfactorily fulfil the available data.

Finally, in Section 4.5, we discuss vasomotion in venules. This topic has been
studied in several recent papers [9, 18,25,27]. The situation is radically from arterioles,
not only because of the presence of valves, but also because of the sharp reduction
in the pressure gradient (blood pressure drops dramatically as the blood crosses the
capillary network with high resistance) and because the longitudinal velocity of the
blood is much smaller by one order of magnitude. In the absence of valves and at very
low pressure gradients, vasomotion would make blood flow forward and backward
in the vessel during a period. There is no backflow in venules because there are inlet
and outlet valves. Therefore, Section 4.5 is largely dedicated to the presentation of the
results of [25], where a mathematical model is developed to explain the experimental
observations of Dongaonkar et al. [18] for vasomotion in a bat wing.

2. MODELING THE FAHR Z2US—LINDQVIST EFFECT

If blood is considered a homogeneous Newtonian fluid, so that stress and shear rate
are directly proportional due to a constant viscosity ™ (the temperature dependence
plays no role here), equation (1.1) can be easily proven in the case of a cylindrical pipe
and for a laminar flow. The equations of fluid motion (Navier—Stokes equation) can
be solved explicitly for the axial velocity u™(r*), which has a parabolic profile on the
cross-section. Thus, computing the volumetric discharge through

R*
2.1 0* = 27(/ rru*(r)dr®,
0
formula (1.1) is theoretically justified, and we can recover viscosity from a measure of
discharge
R*4
2.2) P = 2 AP*.

- 8L*Q*
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If blood were Newtonian, its viscosity should not depend on the tube radius. On the
contrary, the experimental data by Fahreus and Lindqvist, summarized in Figure 2,
show that this is not true.

The measured viscosity is therefore referred to as “apparent” viscosity and is
expressed as n;‘pp, as it is not a property of the liquid but depends on the vessel radius. In
particular, Figure 2 shows that the blood changes from a Newtonian behavior (constant
viscosity) to a non-Newtonian behavior as soon as the vessel diameter falls below a
critical threshold value (300 j1m).

To justify this peculiar behavior, we recall in Section 2.1 Haynes’ so-called conjec-
ture [46], which states that the erythrocytes leave the wall and migrate in an inner core
of the vessel. We refer in particular to the recent article by Ascolese et al. [3], which
highlights the actual physiological benefits of the FL effect. In Section 2.2, we then
summarize the recent work of Guadagni and Farina [43], who have explained Haynes’
conjecture as an input effect on a solid theoretical basis. Finally, according to [26], we
show in Section 2.3 how the previous results can be combined to obtain a model for
the apparent viscosity that fits the experimental data quite well.

2.1. Haynes’ hypothesis and its consequences

There are several qualitative explanations for the non-Newtonian behavior of blood in
small tubes. The most important one is related to the fact that blood is not a simple
liquid, but an inhomogeneous suspension of different particles. Of all these particles,
erythrocytes make up by far the largest proportion. In the sequel, we briefly present
Haynes’ hypothesis [46], which was the first to attempt to interpret the FL effect as the
result of an “intelligent” reaction of the RBCs to the narrowing of the vessel diameter.
The erythrocytes in vessels with a diameter less than about 300 pm tend to migrate to
the central part of the vessel, a phenomenon that only recently has been explained on a
rigorous physical basis [43]. Accordingly, a less viscous layer forms near the walls,
usually referred to as the “marginal zone”, whose viscosity, denoted by 7, is close to
that of the plasma, since the amount of RBCs in it is very small. According to Haynes,
the physiological advantage for the migration of erythrocytes to the center of the tube
is the reduction of the heart workload. Since the viscosity of the marginal layer is from
4 to 5 times lower than that of the core, the wall stress is drastically reduced and so the
migration of the RBCs toward the center of the tube seems to reduce the heart effort>.
However, we will show that this heuristic explanation is misleading.

(°) Haynes’ central idea is somewhat reminiscent of the theory of Jeffery [48], who put
forward the heuristic hypothesis that particles tend to adopt the motion that corresponds to the
least energy dissipation.
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A recent reference concerning the experimental evidence of the cell poor layer
is Stergiou et al. [74], who have been able to effectively provide some measure. An
updated reference concerning the measurement of the cell poor layer can be found in
the PhD thesis by Gliah [39] (see also [52]).

Following [46] (we refer the readers also to [3] for more details), we consider
the blood as an inhomogeneous incompressible linear viscous fluid, whose viscosity
depends on the hematocrit H, i.e., n* = n*(H). Denoting by u* and P* the fluid
velocity and pressure, the continuity and momentum balance equations are

O*H
or*
(2.3) V*ut =0,

+u*-V*H =0,

A + V") =-V*P*+V*. T

where o* is the blood density, and
(2.4) T* =2n*(H)D*

is the deviatoric part of the Cauchy stress with D* = (1/2)(V*u™* + V*u*T). Con-
cerning n*(H ), the current literature offers several empirical laws (see, for example,
[8,12,15,45,54,63]), in the absence of a general theory to relate n to H, where 7 is
the blood viscosity relative to plasma; that is,

*

n

= >
p

2.9) n
with 7;’; plasma viscosity. All the quoted empirical formulas can be written as

1
(2.6) n(H) = )

where f : [0, Hyax) — (0, 1], with Hyax < 1, f/(H) <0, and f(0) = 1 (see Table 1).
We now consider a cylindrical tube whose diameter is D* = 2 R* and whose length
is L*. Denoting by r* the radial coordinate and assuming

uw =u*(r*)eyx, H = H(r*), AP*= P*(0)— P*(L"),

where e is the unit vector parallel to the cylinder axis, we have

. e AP* R* * .
a7 e A

if no-slip boundary conditions are considered. Here, we are neglecting the short transient
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f(H) Reference
fonka(H) = 1= 0.07H exp [2.49H + 197 exp(—1.69H)] (T in Kelvin) [12]
fua(H)=1—-H?3 [45]
Jeo(H) = (1= H)*? [15]
Seaw(H) =1-H (8]
fau(H) = 21525 (with H < 0.75) [63]
fimo(H) = (1 — 525)"" (with H < 0.67) [54]

TaBLE 1. Most used empirical formulas to estimate blood viscosity.

phase leading to the core-annular structure. Following Haynes’ conjecture, H(r*) and,
consequently, viscosity are step-wise functions

He, 0<r*<s* c=n"(Hc), 0=r*=s"*
238) H(r*):{ e DET=S n*(H):{"c m(He). 0=r=s

H,, s*<r*<R*, ne=n*(Hg), s*<r*<R*,

"

s* being the radius of the inner core, and where subscripts “c” and “a” stay for “core
and “annulus”, respectively. Clearly, (2.8) is a simplifying assumption aimed to obtain
explicit formulas, for example, for blood velocity (as (2.9)). However, (2.7) has a wider
validity.

The fact that the outer layer is not completely devoid of RBCs has been suggested
by several authors [20, 52]. That amount of RBCs present in the marginal layer has
some variability although we expect H, to be significantly smaller than H,.

Of course, s* is not arbitrary since the flow of incoming erythrocytes must be
preserved along the x-axis. The continuity of velocity and shear stress at the interface
s* allows obtaining (see [3] for details) the velocity profile in the whole tube

* *2_ %2 *2_ %2
AP(s r +R s)’ 0<r*<g*

(2.9) u*(r*) = L T
ﬁ{i* R ngr i §F < p* < R*,
and, setting
*
(2.10) s =-—€e(0,1],
R*

the central core discharge

0 = TAP* (s*4 N 2(R*? —s*z)s*z)

© 8L \nmg N

(2.11)

-z n" s*+252(1—5%)| (core),
8L* n; nc
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the outer annulus discharge

AP* R*Z _o*x2\2 AP* R*4
(2.12) 0y = il ( ) _ T (1—s%)?2 (outer layer)
8L* nx 8L* nk

and the total discharge

(2.13) 0* =

- =

TAP* (s*4 N R** —s*4) TAP* R*4[
Ne Na

Na o4 4
— 1 —
8L* see o Ly TUTS )]

c

The model that allows the determination of s as a function of both the fluid rheology
and the geometric characteristics of the RBCs is discussed in Section 2.2.
The total power dissipation by the viscous friction along the tube is

(2.14) —2n/ / *(H(r )(dlr‘ ) rrdr*dx*

T AP*Z R*4
8 L nx Lnk
Thus, by using (2.13), it follows that
(2.15) W* = AP*Q",

as expected. In order to evaluate the effect of the marginal layer on both the volumetric
flow rate and the total dissipation, let us work on the expression (2.13) introducing the
dependence of viscosity on the hematocrit.

Assuming, for the sake of simplicity, that H, = 0 (actually very minor changes
allow the case H, > 0 to be treated as we shall show in Section 3.3) so that 1} = n;
and exploiting (2.6), formula (2.13) rewrites as

4
(2.16) 0" = nSALI: f: [f(He)s* + (1 —s%)]
D
_ TAP* 4 (f(HB)) F(H)s* + (1 —s%)
8L~ N f(Hg) ’
~———
1/ng

where 1y and Hp are the viscosity and hematocrit of the blood entering the vessel.
The key point of the theory developed by Ascolese et al. in [3] is that f(H.) can be
expressed via s and Hp. Indeed, imposing the RBCs, mass conservation (and assuming,
as already mentioned, H, = 0), we have

2.17) Q"Hp = Q;H,,
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which, recalling (2.11), (2.13) and (2.6), yields

H. (1- sz)2

(2.18) i s?[2=252 + 2 f(Ho)|

It is worth noticing that there exists a lower limit for s, say sy, corresponding to
H_ max, the maximum allowable for H,. The latter cannot be realistically taken equal
to 1 since some plasma remains, anyway, trapped within the RBCs core. However, we
can, practically, identify the maximum of H, with that for which f = 0. Doing so, we
find

H —-1/2
2.19 min = __¢cmax —1 .
@.19) soin = (S -1)

We note the physical coherence of (2.18). Namely, if s = 1, i.e., the marginal zone
disappears, then H. = Hp. Conversely, with H. = Hp, we necessarily have s = 1
due to the fact that f < 1. Formula (2.18) establishes a link between s and H, which,
by applying the implicit function theorem, allows expressing H, as a function of s and
Hp, depending of course on the selected f; namely,

(2.20) He = xy(s, Hp).

Plugging (2.20) in (2.16) and normalizing Q* with Q% = ”8A LI:;F, we obtain
B

*

(221) Q= =5 =V¥(s. Hp. f),
Ok

4 _ 4
with W(s, Hp, f) = f[Xf(S, HB)]S +(1—s5%

f(Hp)
Proceeding similarly for W*, we have
W*
(2.22) W = —— = V(s Hp, f),
Wg
* x4
where Wg = T(APT)?R™T Figures 3, 4 and 5 show the function W for all functions f

) ] 8L*ny
considered in Table 1.

We note that W is a strictly decreasing function of s. In particular, forall f considered,
%—‘f < Ofors € (Smin, 1) and ¥ — 1 as s — 1. Therefore, formula (2.22) states that W
increases with decreasing s; i.e., the larger the marginal layer, the greater the dissipation.
At the same time, Q, which is given by (2.21), also increases, which in physiological
terms means an increase of the perfusion rate towards the peripheral tissue. This
conclusion illustrates more than others the crucial role of the FL effect in physiology,
which is actually to improve the organs, blood perfusion.
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Charm & Kurland Bingham & White

0.6

Hp

Figure 3. The function W in two cases (Charm & Kurland in the left panel, Bingham & White
in the right panel).

Cokelet Hatschek

Ficure 4. The function W in two cases (Cokelet in the left panel, Hatschek in the right panel).

2.2. The marginal layer explained as an entrance effect

In this section, based on the fundamental laws of fluid mechanics, we show that Haynes’
conjecture has a physical explanation and that it is the correct basis for a rigorous fluid
dynamic interpretation of the FL effect. We have already illustrated that the marginal
region and the inner core are separated by an interface whose radius is denoted by s*
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Krieger & Dougherty

Ficure 5. The function W in two cases (Nubar in the left panel, Krieger & Dougherty in the right
panel).

and is a function of the longitudinal coordinate x* along the vessel. Indeed, our analysis
relies on the recent results of Guadagni and Farina [43], which show that the motion of
the particles towards the channel axis can be explained as an entrance effect (i.e., in
terms of the radial velocity generated when the cells enter the vessel) and that, actually,
the flow soon reaches a core-annulus structure. Particle migration towards the center of
blood vessels has also been studied by other researchers. In 1948, Vand [75] observed
that the measured viscosity of a suspension of rigid spheres is affected by the presence
of walls, as if there were a layer of thickness § along each wall, with the viscosity equal
to that of the pure liquid. In 2001, Sharan and Popel [73] proposed a two-phase model
for blood flow in narrow tubes, solving a consistent system of nonlinear equations
numerically to estimate the thickness of the cell-free layer. However, their estimate was
partly based on empirical formulas.

In contrast, in 2020, the analysis by Guadagni and Farina [43] provided an explicit and
rigorous formula that directly relates the initial thickness of the layer to its asymptotic
value. This formula has proven to be crucial for our approach to modeling both the FL
effect and the F effect.

A key step is to define the marginal layer thickness at the very entrance of the
vessel, i.e. the difference between the vessel radius R* and s*|,+—¢ = s;. In the
literature, this thickness is attributed to the so-called “size exclusion effect” [20,70,72].
Concerning RBCs, which have a discoid shape, such a size should not exceed the discoid
maximal thickness (~ 2—-3 11m) because RBCs enter the vessel in a configuration which
offers the least surface in the flow direction. Thus, denoting by a* the size of this
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layer, i.e., a® = R* — 53, it is reasonable to guess that a* is going to depend on the
geometrical properties of the RBCs; namely, a* ~ 1-2 pm. In [43], the authors show
that, downstream, both the core radius and the velocity field stabilize to their asymptotic
values, i.e., s5, and u™(r*)e, where u™ (r*) is given by (2.9).

The main point of the model is that there is a relationship between 5%, and sg since
the core surface is a material surface. If u¥ is the axial entry velocity (uniform on the
cross-section), we can write

*

SOO
(2.23) nui’;s(}"z = 271/ u*(r*)r*dr*.
0
Now, recalling (2.10) and setting
sy a* 2a* s
(2.24) SOZR_O*: -~ =15 Soo = -2,
equation (2.23) can be rewritten as®
1 1 2 252

(2.25) 52 = [Sg(_ _ _) N oo:|’

st —e) + o Lo\me ) g

which is a fourth-order algebraic equation in the unknown s, with only one physically
significant solution, i.e. S0 € (0, 1),

N

0
Soo = .
Jre o=l -0 - %))

(2.26)

2.3. The Fahreus—Lindqvist effect theoretically justified

Now, as in [26], we assume
(2.27) g =, + (s —1y),

and 0 < @ < O(1071) is a fitting parameter. Physically, this means that we do not
consider the marginal layer to be completely free of RBCs. A reasonable explanation
could be that the “marginal exclusion effect” cannot be precisely specified (as would be
the case if the RBCs were rigid spheres) and should rather be understood as a statistical
concept (see e.g. Ethier and Simmons [20]). Therefore, it is acceptable to assume that
a small hematocrit is present in the marginal layer and that this value may show some
variability (Kim et al. [52] also refer to the outer layer as the “cell-poor” region).

() We refer readers to [26] for the algebraic details.
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Recalling (2.2), which essentially defines n;‘pp, we get

s (1) 1 (D))

Introducing now the relative apparent viscosity, nap, = / 77;, and the relative core

Mapp
viscosity, n¢ = 7, /n,, we have

1 +am:—1)
(2.29) Napp = 4 (l+a(e—1 ’
1+ soo( e - 1)

with 5o, given by (2.26), which, exploiting (2.27), we rewrite as

S0
\/ JU— s - s3(1 — #2=0)]

Formula (2.29) establishes an explicit link between the apparent viscosity (relative

(2.30)

to the plasma) and the vessel diameter, which is included in the expression via sg. In
particular, it should be noted that sq — 1 for large diameters and that 7,,, becomes
that of the core, which in reality occupies the entire vessel and is therefore the viscosity
of the in-flowing blood. The influence of the tube radius on the apparent viscosity
becomes “important” when 2a*/D* is no longer negligible. We have thus obtained a
theoretical justification for the FL effect, i.e., for the fact that the apparent viscosity of
the blood depends on the diameter of the vessel in which it flows.

However, the model can only be considered satisfactory if it is able to reproduce
the experimental data with reasonable values of the fitting parameters, which are «
and a*, which vary in a narrow range. The model has therefore been tested versus
the experimental data by Fahraus and Lindqvist [22], versus those by Kiimin [55]
and Zilow and Linderkamp [79] and versus the two well-known empirical formulas
proposed by Pries [64],

(D)
(P) _ P oy ) —1

&0 T (0 H) = 1+ (10.s(P) = 1) (1—0.45)<®) _ ]

where

(232) nas(D) = 220 exp(~1.3 D) + 3.2 — 2.44 exp(—0.06 D *4%),

and

(2.33) ¢(D) = (0.8 + exp(~0.075 D))(—1 . 1) PN S

1+10-11p12 1+ 10-11p12
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and Secomb [72]

D2(n$%)s(D)-1) (1—H) ) —1)
2 0.45
d ( (D—1.1)2(0.55¢(P)—1) + 1)

2.34 YD, H) = ’
(2.34) Mapp ( ) (D —11)2

where

(2.35) n$S) (D) = 3.2 — 2.44exp(—0.06 D*%*%) + 6. exp(—0.085 D).

In all these relations, D denotes the dimensionless tube diameter, i.e. D = D*/D>,,

with D%; = 1 um in our notation. These formulas are both based on the best-fitting
procedure using several sets of data collected in the last seventy years. The comparison
of our mathematical model [26] versus both data and the empirical formulas is shown
in Figures 6, 7 and 8.

Series 1 : a* = 1.1(um),n. = 5.2, = 0.25 Series 2 : a* = 1.48(pum),n. = 7.1,a = 0.14

apparent viscosity

e L. Pries 1992 (with H=0.6) 1 =7 e Pries 1992 (with H=0.63)

Mathematical Model

Mathematical Model

L S Secomb 2013 (with H=0.6) 1 L S Secomb 2013 (with H=0.63)
ot . . . . . . oLt . . . . .
0 100 200 300 400 500 600 50 100 150 200 250 300
D* (pm) D* (pm)
Series 3 : a” = 1.49(um), 1. = 6.93, 0 = 0.15 Series 4 : a* = 1.46(um), 7. = 11.2,a = 0.11
7 " " " i i 10— . . . : :
J 6 F
sl
50
4t 6F e
----- Pries 1992 (with H=0.63) 4r ===== Pries 1992 (with H=0.72)
2f Mathematical Model Mathematical Model
o[
Ll S Secomb 2013 (with H=0.63) 1 eeea- Secomb 2013 (with H=0.72)
ot . . . . . ol— . . . . .
0 100 200 300 400 500 50 100 150 200 250 300

D* (um) D~ (pm)

FiGure 6. Comparison between the experimental series 1, 2, 3 and 4 reported in tables at p. 565
of Féhraus and Lindqvist [22] (dots) and the theoretical model (see [26]) (2.29)—(2.30) (solid
curve). The fitting via the empirical formulas (2.31) by Pries and (2.34) by Secomb is also shown
(dashed curves). On the top of each plot, there are the values of a*, «, 7 and the hematocrit H
used in formulas (2.31)—(2.35) to fit the Féhraeus and Lindqvist data.
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[Infant, H=0.6] a* = 1.25 (), n. = 6.46, a = 0.04 [Adult, H=0.2] a* = 1.27 (um),n. = 1.7, = 0.05
! ! ! ! ! ! ! 1.7 T T T T T T
_ st ]
7 Z 16}
2.0 1 z
3 < 15}
3f A e Pries 1992 (with H=0.58) 1 51af 0 Pries 1992 (with H=0.18)
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D*(pm) D*(pm)

Ficure 7. Comparison between our mathematical model (solid curve) (see [26]) and data by
Zilow and Linderkamp [79] (dots). These authors considered both adult and infant blood samples
at different values of the hematocrit. The empirical fitting via the empirical formulas (2.31) by
Pries and (2.34) by Secomb is also shown (dashed curves).

Kumin (1949) : a* = 1.35 (um),n. = 3.1, = 0.22

4.0~ T T T
f= Pries 1992 (with H=0.42)
E 3.5 Mathematical Model ]
;:E ----- Secomb 2013 (with H=0.42)
<
2 3.0r
<
£
.Z:
£ 25f

0 500 1000 1500 2000

D* (pm)

Ficure 8. Comparison between our model (see [26]) and the experimental data by Kiimin [55]
(dots). Data are extracted from Figure 2, at p. 1195 of [46]. The empirical fitting via the empirical
formulas (2.31) by Pries and (2.34) by Secomb is also shown (dashed curves).

3. Tue FAHREUS EFFECT

Féhraus’ experiment considered a set of capillary tubes with decreasing diameter
from 1,100 pm to 50 pm. The hematocrit of the feeding reservoir was fixed at 40.5%.
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Tube diameter (mm) Tube hematocrit H7 (%) Plasma (1 — H7) Rel. hematocrit H g

1.100 40.5 59.5 1

0.750 40.1 59.9 0.99
0.450 39.8 60.2 0.983
0.250 39.2 60.8 0.968
0.095 33.6 66.4 0.829
0.050 28.0 72.0 0.691

TaBLE 2. Fihraus’ original data. The hematocrit in the reservoir is Hr = 40.5%. The tube
relative hematocrit, i.e. Hg = H7 /H F, results by dividing data in the second column by H .
The experiments show that H g is rapidly (nonlinearly) decreasing by reducing the tube diameter.

By centrifuging the outlet blood, he measured an increase in the plasma content
corresponding to a decreasing RBCs percentage as the tube diameter decreased, thus
showing a decrease in the relative tube hematocrit (see Table 2).

Is there any physiological justification for the F effect? In Section 2.1, we showed
that the FL effect helps the tissue perfusion (see Ascolese et al. [3]) increasing the
blood flow rate. In the case of the F effect, things are not so clear. Indeed, the flow rates
of both the fluid and cell components of blood are to be preserved along the whole
blood loop through the body. Because of this fact, we may argue that the hematocrit
reduction observed in the F effect is made possible by the simultaneous occurrence of
the FL effect, which intervenes modifying the way the two species are carried along the
flow, facilitating RBCs transport. We can even conjecture that precisely this puzzling
question posed by the F effect pushed Fihraus himself to further investigate the blood
flow properties in smaller vessels, thus discovering the FL effect.

As pointed out by Barbee [5], one delicate point is the way the hematocrit is measured.
Indeed, the measure of the blood viscosity as a function of the vessel diameter (the FL.
effect) is, essentially, a measure of the volumetric flow rate followed by an application
of the Poiseuille law. On the other hand, for measuring the hematocrit one needs to
stop the flow, take a blood sample in the capillary tube and then measure the solid mass
(RBCs) percentage. This procedure induces a great uncertainty in the measure itself,
which is one of the reasons for which there have been very few replicas of Féhraus’
experiment for the last 95 years, Barbee’s PhD thesis being one of the few. Among
these contributions, we mention [14,49].

Figure 9 (which reproduces Figure 2 of [6]) shows the relative hematocrit, i.e. the
ratio Hy /H F, as a function of both the reservoir hematocrit Hr and the tube diameter.
It is quite evident that, for a given diameter, the function Hy/H  is essentially linear
in HF and that its derivative increases by decreasing the tube diameter (see Figure 9).
The latter effect also appears more pronounced for diameters below 100 pm.
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Data by Barbee and Cokelet (1971)
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FiGure 9. The relative tube hematocrit Hg = H7 /H F as a function of feed hematocrit H
for various vessel diameters using human blood, according to Figure 2 in Barbee and Cokelet [6].
Dashed lines are linear fits.

Data by Jendrucko and Lee (1973)
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Ficure 10. The relative tube hematocrit H7 /H r as a function of feed hematocrit H g for
various vessel diameters, according to Figure A2 in Jendrucko and Lee [49]. In this case, cat
blood was used. Dashed lines are linear fits.

Féhraeus’ experiment uses human blood. Jendrucko and Lee [49] considered also
the case of cat’s blood (see Figure 10). This experiment is interesting because the cat’s
erythrocyte is smaller than the human one, about 6 nm in the largest diameter of the
former against 7.5-8 pm in the latter. It is interesting to note that Jendrucko and Lee
made their experiment for a specific diameter at a number of different flow rates. The
results indicated that the flow rate has no measurable effect on the correlation between
Hp and HF, confirming a similar conclusion of Barbee and Cokelet.

All experiments available so far suggest for Hg = Hr/HF a linear relationship
with HF of the following type:

(3.D Hg = §(Hp,D*) = A(D*)HF + B(D"),
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Ficure 11. The relative tube hematocrit Hg = H7 /HF as a function of the tube diameter D*:
the shaded region includes all the data available from the original Fahreus experiment to 1980,
according to [36, Figure 4] and [40, Figure 1 (A)]. For a given D™, the difference between the
upper and lower curves provides the amplitude of the error bar. The critical diameter (~ 2.7 pm)

is that of the smallest cylindrical vessel through which a human red cell can flow. The limit of
applicability of the continuum hypothesis is also indicated.

with

I8
OH

8%>O

(32) =

= A(D¥) = 0,
at least as long as the dimensional diameter D* remains in a finite interval from
(approximately) 30 up to 220 pm.

It must be emphasized that other researchers have investigated the F effect and that
there is great uncertainty about the collected data, which increases significantly as the
tube diameter decreases [36—38] (see Figure 11). Looking at the difference between
the upper curve and the lower one in Figure 11, it turns out that for diameters in the
interval (50,200) am, the measurement error decreases from & 20% to ~ 5%, and
decreases from this last value to 1% in the remaining part of the interval. Therefore,
any mathematical model aimed at reproducing the F effect must take this uncertainty
into account. For example, the data of Table 2 should be — more correctly — presented
as in Figure 12, that is, including the error bands.

3.1. Modeling the Fahreeus effect

Here, we use the same geometry, symbols and scaling for the main physical quantities
and the same model for the governing motion equations as in Section 2. In particular,
we recall that all starred quantities are meant to be dimensional. Indeed, the basic
machinery is the same as that used to develop our model for the FL effect, but now, in
addition, the role of the hematocrit is carefully considered. We recall, once again, that
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Fahraeus' original experiment (1929)
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FiGure 12. Graphical representation of Fihreeus’ original data, emphasizing the size of possible
errors when measuring H g at rather small vessel diameter.

since we are using the continuum hypothesis, our analysis must necessarily exclude the
case of too-small diameters. In particular, we must exclude both the case of 29 um in
Figure 9 and the cases 37, 46 um in Figure 10.

Concerning the deviatoric part of the Cauchy stress tensor, we still assume (2.4),
though, strictly speaking, this assumption is not correct in principle. Indeed, the inde-
pendence of n* on the shear rate is reasonable only if the shear rate is sufficiently
large (say, > 300s™!) [29, 72], which is not the case for a capillary flow. So, how
can we justify our choice? Indeed, we will recognize a posteriori that, even ignoring
the dependence of n* on |[D*| = /2 tr(D*)2, the model succeeds, anyway, in fully
explaining the F effect.

Going into details, with r* = s*(x*) being the inner core material boundary, we
rewrite (2.23) as

* 0\ 2 s&s
(3.3) Q*(S—O) = 271/ u*(r*)rrdr*,
0

where Q* is the blood discharge. We recall that, in writing (3.3), we have implicitly
assumed that the flow is uniform at the inlet cross-section, namely, 0* = nR*zui’;,
with u} inlet mean velocity appearing in (2.23).

Then, we recall that the hematocrit and viscosity radial profiles are step-wise
functions given by (2.8).

In Section 2, we have seen that, using the assumption (2.8), the asymptotic dimen-
sional velocity [3, 13] is given by (2.9), which can be rewritten in dimensionless form
(see [26] for more details)

2

2 1—s

2 o — + —2, 0=7r < Sco,
Nc Na
(3.4) u(r) = i % -
o) e s} —r
20 ——0 A < <
Ne Na Na Soo ST = 1,
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where, as in Section 2, ng = 1/, and 1. = 107 /n,, 5o and s are defined in (2.24)
and where s, and s, are linked by (2.26).

The issue of the tube relative hematocrit as a function of the feeding hematocrit and
the tube diameter was first considered by Barbee and Cokelet [6] continuing the deep
analysis developed in Barbee’s PhD thesis [5]. As already said, the hematocrit of the
blood in the capillary tube is determined by stopping the flow and then by pouring the
trapped suspension into a specific device for the hematocrit measurement [6]. Hence,
Hr is a volume averaged hematocrit (see also [70, pp. 152-153])

JE R o Hr*drdddx*

3.5) Hr = TR
Because of (2.8), equation (3.5) implies
HT Hc 2 Ha 2
(3.6) He = Hp et e (153

We need now to estimate H, in terms of H . Leaving aside the complex phenomena
taking place at the tube entrance, we proceed as in Section 2.2, assuming a discontinuity
across x = 0 in the RBCs radial distribution, which is uniform for x = 0™ (side of the
entrance facing the reservoir) and stepwise for x = 0T (side of the entrance facing the
tube). Thus, imposing the RBCs mass conservation across x = 0, we have

3.7) nR*zu;HF = nsa“zui’;Hc + JT(R*2 — s(’;2)ui’;Ha.

Concerning H,, we follow the approach pursued in (2.27) and, using a similar
notation, we set H, = aH,, typically & < @(107'). The value & = 0 corresponds to
an outer layer free from RBCs. Then, from (3.7), we get

H. 1

38 H 1T
-8 Hr s +a(l—s)
so that

H 2 1—s2
3.9) Hp = HT _ St all = 55)

 Hp st +a(l—s3)

Recalling now (2.8), we have

)= {na = n(eH,),
ne = n(He),

and, exploiting (2.26), we deduce that

A
~
IA

(3.10)

o w
IA
~
IA
be

2
G.11) 52 %o

o0 = ’
T+ /(=1 = s3(1 - 2l
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Using Krieger & Dougherty ,a* = 1 um,a = 0.02
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Ficure 13. Function & versus the original Fahreeus’ data. The feeding hematocrit H g is equal
to 0.405 (that one used by Féhraeus). The best agreement is obtained using the Krieger and
Dougherty formula, and choosing a™ = 1 pm, & = 0.02. Notice that this value of a* is precisely
half of the RBC average thickness. Notice also that with this assumption, so = 1 —2a™/D*
(see (2.24)).

where, recalling (2.6), n(H.) = f~'(H.) with f given by one of the classical empirical
formulas listed in Table 1. Finally, coupling (3.1), (3.9) and (3.11), we get

(312) HR :%(HF,D*,G*,a,f),

that is, a functional relation that links the relative hematocrit to Hf, «, and, through
S0, to the vessel diameter D* = 2R*, to the inlet marginal layer thickness a*, and,
furthermore, to the specific function f in Table 1 used to evaluate n(H).

It is now interesting to test the model against the original Fihraeus’ experiment,
taking into account the estimated error based on the analysis of Gaehtgens et al. [36,37],
and Goldsmith et al. [40] (see Figure 11). The agreement is rather satisfactory, as it
appears in Figure 13.

It is worth emphasizing the formal simplicity of the final (rigorous) formula (3.9).
Indeed, since we know that for large diameters, both s¢ and s, — 1, it immediately
follows that in that case, Hg tends to 1, regardless of the choice made for f, o and a*
in the indicated ranges. It is also interesting to check how close formula (3.9) is to the
hypothesized formula (3.1). To this aim, let us define

98

. B(Hp,D*)=Hgr—A(Hp,D*) HF,
dHp

A(Hp,D*) =

where, for simplicity, we fixed Hg = &(HF,D*, 1,0, fgew), fB&w being the Bingham
and White formula specified in Table 1. Then, we plot 2(Hfg, D*) and B(HFp, D*)
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Ficure 14. Functions A(H g, D*) and B(H r, D™*). It appears that 9B is practically independent
of HF, while the variability of & with Hr € (0.3,0.5) is less than 3%.

Using Bingham & White ,a” = 1 pm,a = 0.0, D" = 75 pm Using Bingham & White ,a" = 1 pm.a = 0.0, D" = 154 pm
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Ficure 15. Comparison between formula (3.1) and the one provided by the mathematical model
(3.12). We checked just two diameters, D* = 75um and D* = 154 pm, respectively. Other
similar choices would show the same characteristics, namely, that (3.9) provides the correct
interpretation of the F effect based on the fluid dynamic equations.

versus D* for different values of Hp. Figure 14 shows that ‘B is practically invariant
with respect to Hp, while 2 has a very limited variability with Hr, namely, less than
3% in the range Hf € (0.3,0.5).

This analysis suggests that, by fixing

A(D™) = A(Hpnys, D), B(D™) = B(Hppys, D*)

at Hphys ~ 0.4 (a physiological value), a* = 1 pm and selecting fgw to evaluate 7,
one obtains
&(HF,D*, 1,0, fyew) = A(D*)HF + B(D™),

thus confirming that the relation (3.12) between Hg and HF is, approximately, linear
for all relevant diameters. Figure 15 shows, graphically, the latter conclusion.

We finally show representations of & versus D* in which some parameters, such
as f,a and a*, are varied (see Figures 16 and 17).
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Using Bingham & White , Hr = 0.4, a = 0.05
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Using Krieger & Dougherty , Hr = 0.4, = 0.05
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Ficure 16. Function & versus D*, using either Bingham and White formula (left panel) or the
Krieger and Dougherty one (right panel), with Hr = 0.4, « = 0.05 and varying a*. The real
effect of varying the latter parameter can be appreciated only through a comparison with real
data.

Using Bingham & White . a” = 1 pym, Hp = 0.4 Using Krieger & Dougherty ,a* = 1 pim, Hp = 0.4
=
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Ficure 17. Function & versus D™, using either Bingham and White formula (left panel) or the
Krieger and Dougherty one (right panel), with Hz = 0.4, a™ = 1 pm and varying «. Also in this
case, the real effect of varying the latter parameter can be appreciated only through a comparison
with real data.

3.2. Comparison with the experimental data

In the sequel, we compare our model (3.12) with the data summarized in Figure 9
from Barbee and Cokelet [6]. We also compare our model with the empirical formula
proposed by Pries [64] to match all the available data (at that time) for the relative
hematocrit versus the vessel diameter; namely,

H
(13) - =Hp + (1= Hp)[1 + 17703 —0.670017],
F

with, as in Section 2.3, D = D*/D; and D}; = 1 pm.

Concerning the uncertainty of the experimental data, we refer to what was already
emphasized just at the end of Section 3. We recall that being in a continuum context,
the experimental data are significant only for diameter above ~ 50 jim. In the sequel,
we shall see that our mathematical model fits very well Barbee’s data and reasonably

well those of Jendrucko and Lee.
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D* = 59pum, a = 1.265um, a = 0.0152, using Bingham & White D* = 75um, a = 1.128m, a = 0.0262, using Bingham & White
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Ficure 18. Comparison of the mathematical model (3.11), (3.12) with data extracted from
[6, Figure 2] for the case D* = 59um and D* = 75um. The graph provided by the Pries
formula (3.13) is also shown.

D* = 99um, a = 1.285um, o = 0.0252, using Cokelet D* = 128um, a = 0.974pm, a = 0.106, using Bingham & White
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Ficure 19. Comparison of the mathematical model (3.11), (3.12) with data extracted from
[6, Figure 2] for the case D* = 99um and D* = 128 ym. The graph provided by the Pries
formula (3.13) is also shown.

D* = 154pm, a = 0.951pm, o = 0.125, using Hatschek D* = 221pm, a = 0.45um, o = 0.18, using Hatschek
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Ficure 20. Comparison of the mathematical model (3.11), (3.12) with data extracted from
[6, Figure 2] for the case D™ = 154pum and D* = 221 um. The graph provided by the Pries
formula (3.13) is also shown.

To evaluate the relative viscosity as a function of Hf, required by the formula
(3.11), we used the empirical formulas shown in Table 1. Figures 18, 19 and 20 show
the mathematical model (3.12) (see [24]) versus the experiments by Barbee in [6]. We



A. FARINA, A. FASANO AND F. ROSSO 424

D*=73 pm, using Bingham & White, a*=1.2 ym, a=0.03 D*=166 pm, using Bingham & White, a’=1.235 ym, a=0.0168
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Ficure 21. The mathematical model versus the experiments of Jendrucko and Lee [49]. The
estimated error bars are included in this particular case since the agreement is not so impressive
for all values of HF as it is, indeed, in the case of Barbee’s data. In any event, if Hr > 0.3, the
agreement is still acceptable.

disregarded the case D* = 29 um, this value being beyond the limit of applicability of
the continuum hypothesis. The fitting parameters a*, « and the formula among those
listed in Table 1 are selected by using the NonlinearModelFit package in Mathematica®,
which is based on the optimization of the standard error, P-value, and ¢-Student test.
In all cases, the obtained values for a* and « are largely reasonable because a™ is close
to 1 pm and @ < 0.1, as expected. The only exception seems to be the largest diameter
considered by Barbee, namely, D* = 221 pm, where a* is a little too small and « a
little too large. It must be pointed out, however, that if we assume a reasonable error
(2 or 3% is sufficient) in Barbee’s data, both a* and « update to more satisfying values.
In drawing Figures 18, 19 and 20, we confined ourselves, for the sake of brevity, to
the empirical formulas by Hatsheck [45], Cokelet [15] and Bingham and White [8].
The other formulas listed in Table 1 would have provided very similar matching with
comparable values of ¢* and «.

Itis also interesting to check the capability of the model to reproduce the experiments
by Jendrucko and Lee [49] with the cat’s blood. The comparison is shown in Figure 21.
We did not consider smaller values of the diameter for the same reason we did not
consider the case D* = 29 um for the human blood case. For this particular case, we
have reported the estimated error in the measure of the relative hematocrit as suggested
by Figure 11. Once more, we remark that our model performs better than Pries’ formula.

3.3. The Fahreeus effect in small blood vessels: how does it help the heart?

In practice, we start from (2.14) and generalize the approach illustrated in Section 2.1,
considering that the hematocrit of the marginal layer is H,. Then, the dimensionless
power dissipation becomes

(3.14) W = sd f(H) + (1 —s%) f(aH,).
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Ficure 22. Three-dimensional representation of the dimensionless power dissipation Wy, versus
D* and H . The function increases either if D* or Hg decreases. We have fixed, for simplicity,
Hrp =04,a" = 1lpm, o = 0.05and f = fpg w. Other choices would produce very similar
graphs.

Combining now both (3.8) and (3.9) with (3.14), we obtain

HRHF O[HRHF
3.15 W=sfl—"F 1—s4 _OURTE ),
( ) Swf(sgo + a(l — sgo)) +( sm)f(scz,o +a(l— sgo))
which rewrites as

(3.16) W = Wew(HF, Hr, D*,a*, a, f),

where W, generalized ¥ defined by (2.22). The behavior of W, is displayed in
Figure 22.

An almost identical procedure leads to a generalization of (2.16) which determines
the amount of perfusion in the peripheral tissues. In this case, we get

HrHF aHrHF
3.17 =54 _— 1— s _—
e o=t (et tn) S (et o)
Namely,
(318) Q == \IJneW(HFvHRaD*sa*ﬂav f)

In conclusion, as in [3], we have found that the power dissipation and the blood
discharge have the same functional dependence on the relevant parameters. In other
words, if dissipation increases, so does perfusion.

4. VASOMOTION

Vessels of the size of venules or arterioles are equipped with smooth muscle cells
that contract, reducing their lumen, with a period unrelated to cardiac pulsations. This
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phenomenon was discovered in 1852 by T. W. Jones [50], who observed it in the venules
of bat wings. He guessed that its purpose was to enhance blood flow. Actually, the
phenomenon has different characteristics in arterioles and in venules.

While in arterioles, having no valves, the flow is substantially driven by the pressure
gradient provided by the heart, in venules, vasomotion takes an important role in blood
propulsion. Therefore, blood flow presents different features in the two classes of vessels
and the two cases must be modeled separately.

4.1. Vasomotion in arterioles

In [27], it was first emphasized that the ratio & between the maximal vessel radius R, and
its length L* is < 1 (between 1073 and 1072, for instance R} = 70 pm, L* = 3 mm).
Based on this, an up-scaling procedure was applied to the motion equations, also
exploiting the smallness (order s~2) of the ratio between the typical radial velocity
(namely, the maximal velocity of the wall, v}, ~ 21m/s) and the typical longitudinal
velocity (1}, >~ 10cm/s). Pressure p* was rescaled as (p* — px )/ Ap*, with Ap* =
Dir — Pou- Time was rescaled by the vasomotion period 7* (typically 6s). We omit
all the calculations and we just report the conclusions. At the leading approximation
order (i.e. up to order ¢ corrections), the longitudinal velocity profile in the vessel (with
the no-slip condition at the wall) is nothing but the quasi-steady Hagen—Poiseuille

quadratic profile

1 A * R*2 £ — *2
.1) wr () = L AP RTO =

Formula (4.1) emphasizes the typical value of the maximal centerline velocity

. 1 Ap* R*Z
4.2) uh = ——L_ "¢
n* L 4

Thus, the flow adapts instantaneously to the radius change (as it was assumed in [61],
though without justification). Here, n* is blood viscosity (=~ 4 mPa - s) and Ap™ is the
pressure difference at the ends of the vessel (typically 8—16 mmHg, i.e. 1 — 2 x 103 Pa),
so Ap*/L* is the driving pressure gradient. For example, the above values together with
L =3mm and R, = 50 pm provide u, >~ 10-20 cm/s. Here, the pressure gradient
turns out to be independent of the longitudinal coordinate x* and such a gradient always
overcomes the effects of vasomotion, constantly preventing flow inversion. These and
other related questions regarding the blood velocity are discussed, e.g., in [2,57,76].

The associated Reynolds number is order 10~ (creeping flow regime). At the same

order, the radial velocity component turns out to be negligible throughout the vessel.
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Assuming, for simplicity, a sinusoidal oscillation

4.3) R*(1) = R:[l — 5(1 —sin (%t*))},

where 26 is the relative oscillation amplitude, the average discharge over a period is

4.4 (0%) = 074(Q)
where

* T[Ap* *4 2 3 35 4
4.5 = — , =1-—46+ 95— 106 —6".

The average dimensionless discharge over a period (Q) is decreasing and less than 1
for 0 < § < 0.5, showing that the discharge is reduced with respect to the vessel rest
configuration (§ = 0) and the reduction increases as the oscillation amplitude increases,
down to & 27% for § = 0.5 (see Figure 23).

0.8 .

04r .

0.0 0.1 0.2 0.3 0.4 0.5

0

Ficure 23. Average dimensionless discharge over a period.

4.2. Combining vasomotion in arterioles with the FL effect

In this section, we examine vasomotion combined with the FL effect. In the previous
section, we have highlighted that the arterioles wall oscillations caused by vasomotion
reduces the overall flow rate, while the FL effect acts in the opposite direction, increasing
both discharge and energy dissipation (see Section 2.1). It is interesting to analyze the
combination of the two phenomena to understand the effect they have on the overall
flow.
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Recalling (2.13), the dimensionless discharge is

(4.6) 0(1) = s3 + €@ 1) (RH(1) = 53,).
* pxd

where Q* has been rescaled with ”ﬁiTRf, R(t) = R*(¢)/R}, with R*(¢) given by

(4.3), Soo = 55,/ R}, and where, recalling (2.27),

Ne Ne

4.7 C(a,ne) = 77—2 = m,

with 7. = n;/ny. Following now the same procedure illustrated in Section 2.2, we
express Soo in terms of s,, ©(«, ) and R(t), so we get

1 a1
4.8) (Q) = / [ S“2(1 G(Oi’ 1)) < +@(a,nc)R4:|dt.
o L+ - - 20 )]

We remark that (Q) is a function of a*, the vessel diameter in the unstressed configura-
tion D§ = 2R}, the oscillation amplitude §, and, through &, of & and .. We also remark
that (Q) does not depend on & when a* — 0, as physically expected. Indeed, recalling
that sy = R* —a™, with R* given by (4.3), we have s, = R(¢) —a, witha = a*/R}.
Therefore, if a* — 0, we get s, = R(¢) and (4.8) reduces to (Q) = fol R*(t) dt. We
also point out that if a* — 0, 7. is to be understood as the viscosity (relative to plasma)
of the blood in the entire vessel. It should be noted that the case a* = 0 is purely
academic, as it is equivalent to the absence of a marginal layer (poor in erythrocytes),
which, as experimental observations [39,52,74] confirm, is in fact always present.
We point out that, given the vessel diameter D, (Q) depends on a*, § and both «
and 7. through €. The three surfaces in Figure 24 were obtained by choosing ., = 3.5
and three values for a*, namely, a* = 0.5, 1, 1.5 um, and expressing (Q) in terms of

H a* =05 (um)
M a =1 (um)
H a" =15 (um)

FiGURE 24. Average discharge (Q) for D; = 200 pm and 5. = 3.5. In this case, (Q) depends
only on § and « since for fixed 7., € is a function of @ only. The effect of varying « between
0.01 and 0.1 appears to be negligible for all values of a™* # 0. Of course, as remarked in the text,
if a* — 0, the average discharge does not depend on «, where (Q) = fol R4(1).
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D} =200 pum, n.=3.5,a =0.05
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FiGure 25. The behavior of (Q) as a function of § with the FL effect (¢* > 0). Notice that when
a® — 0, (Q) identifies with the profile shown in Figure 23, as expected.

« and §. We first find that (Q) is a decreasing function of § and conclude, as in [27],
that wall oscillations (i.e. vasomotion) hinder blood flow in a single arteriole. However,
we also find that (Q) increases significantly when a* increases, i.e. when the FL effect
is at work. Although not shown in the other figures, the same behavior of (Q) also
occurs for other values of 7, between 2 and 5.

A clearer insight into (Q) is given in Figure 25 where we still consider ., = 3.5,
D§ = 200 pm and have set & = 0.05, so that & >~ 3.11. The diagrams in Figure 25
show that (Q) decreases with increasing oscillation amplitude §, but when the FL effect
is taken into account (i.e., a* > 1 j1m), the reduction of (Q) is significantly attenuated.
For example, for § = 0.4, the value of (Q) for a* = 1 m (a quite reasonable value)
is about 10% larger than for a* = 0.5 um, confirming the role of the FL effect in
attenuating the effect of vasomotion in arterioles.

It is interesting to compute the mechanical power di%sipajzed *in the whole vessel W*,
Using formula (2.14) and normalizing W* with %ROHA:#
[23] for more details)

(4.9) (W) =(Q).

, it turns out that (see

We can conclude that the minimum energy dissipation, i.e. the minimum mean
discharge, occurs when a* — 0, namely, when the FL effect does not play any role.
This is in agreement with the results of Section 2.1, where it was shown that the FL
effect increases both the mechanical dissipation and the discharge. In other words, it is
confirmed that the increase of discharge is necessarily accompanied by a proportional
increase of energy dissipation.
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D} =70pum, n.=3.0, a=0.1
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s — a* =0 (pm)
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FiGure 26. The apparent hydraulic resistance 1/{Q) according to the mathematical model (4.8),
either considering the FL effect (¢* = 0.5 pm) or not (¢™ = O pm), when D} = 70 pm, o = 0.1
and 1, = 3.0. The data points are taken from [42] (nonpregnant rats case). Even considering
an uncertainty of 30% of the measured values, the correction induced by the FL effect largely
improves the fit with experimental data.

4.3. Comparison with the experimental data by Gratton et al. [42]

The literature on vasomotion in arterioles is less abundant than that in venules. We
selected the data presented in [42] to validate the conclusions of the previous section.
First of all, it is important to emphasize that data presented in [42] adopt some different
conventions. Indeed, the parameter rg, used therein as a scaling factor, is the mean
value of the radius, while we preferred to use its maximum. Moreover, Figure 6 in [42]
shows the relative resistance as a function of percent maximum constriction induced
by phenylephrine,” instead of the dimensionless amplitude. The latter is obtained as a
function of the percent maximum constriction and shown in [42, Figure 5]. Therefore,
to use the experimental data in [42], we needed to suitably rearrange them. Furthermore,
Gratton et al. consider both pregnant and nonpregnant rats. Here, we confined ourselves
to the nonpregnant case only. Finally, it must be stressed that the data presented in
[42, Figures 5 and 6] appear rather spread around the nonlinear regression curve,
suggesting an error of 30% at least. Figure 26 shows the data points (with their error
bars) and the average relative hydraulic resistance obtained from model (4.8) for two
different values of a*. We notice that the curve with a* # 0 (FL effect enforced) appears
more satisfactory with respect to the case a* = 0, in which the FL effect plays no role.
We also remark that the value ¢* = 0.5 pm is consistent with the real size of RBCs in
the species considered.

(") Phenylephrine (PE), a direct-acting o 1-adrenoceptor agonist, is primarily used clinically
as a vasopressor to increase blood pressure.
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4.4. Modeling a network of arterioles

We have seen that (see Figure 23) that vasomotion in arterioles is not advantageous
for the blood flow rate. Thus, a legitimate question arises: what is the physiological
reason of vasomotion in arterioles? We started from the experiments of Lapi et al.
[56] aimed at characterizing the geometrical arrangement of a hamster skeletal muscle
arteriolar network and assessing the in vivo rhythmic diameter changes of arterioles
to clarify regulatory mechanisms of the capillary perfusion. These experiments have
suggested the idea that the results of Lapi et al. could be used in our model for the
discharge, provided we extend our modeling approach from a single vessel to a network
of arterioles. Indeed, in [23], we have shown that the oscillations at different frequencies
of the vessels afferent to an arterioles tree can periodically convey, due to the appropriate
phase shift, the blood flow towards one sector rather than another.

PRIMARY SECONDARY CAPILLARY
ARTERIOLE ARTERIOLES NETWORK

WA
VWA
VWA
T 1 BRANCH 1
A
AN
MW
WA
FVWAH
— i BRANCH 2
H v
FAAMA
LA~

Ficure 27. Schematic representation of a vessel network: a single arteriole is bifurcating into
two smaller arterioles, which, in turn, branch into a capillary network. Blood is flowing from left
to right.

The leading idea is to describe the network as a simple electric circuit® with resistors
whose ends have the same voltage since we can safely assume that the pressure at the
end of the capillary networks is the same. The purpose of the model is to compute
the flow rates in branches 1 and 2 of Figure 27 during one period of oscillation of
the mother vessel (primary arteriole), and to show that, through an appropriate phase
shift between the oscillations of the secondary vessels radius, the blood flow can be
periodically and unequally distributed in the two branches.

(®) The idea of modeling the network as a highly simplified electrical circuit is not new; see
[16].
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Ficure 28. Dimensionless discharges Q1 and Q» in the two bifurcating branches for a = phase
shift and equal hydraulic resistances.

Here, we do not enter into the mathematical details of the model (we refer the
interested readers to [23]). Indeed, we just show in Figure 28 the dimensionless dis-
charges 01, O, in the two bifurcating branches when the phase shift is 7 (different
branches oscillate, generally, with different frequencies and phase shifts). If the pressure
difference at the ends of the two branches is the same, the flow rate depends on the
instantaneous hydraulic resistance of the individual branch.

In Figure 28, the hydraulic resistances of the two branches are the same. The plots
clearly highlight that the flow is periodically directed to branch 1 and branch 2. Such
an effect is not canceled even if the hydraulic resistances are different.

Simulations are carried out using real data from the work of Lapi et al. [56], assuming
that the hydraulic resistances of the capillary networks at the end of the two branches
are comparable with each other.

The mathematical model confirms the experiments by Lapi et al. [56], namely,
that the capillary blood flow was modulated by changes in the diameter of terminal
arterioles penetrating within the skeletal muscle fibers, facilitating the redistribution of
blood flow according to the metabolic demands of tissues.

4.5. Venules equipped with an inlet and an outlet valve

Adopting reference values for pressure and velocities suitable to the venules situation,
the rescaling procedure carried out on the fundamental governing equations leads
to completely different conclusions for the arterioles case. For instance, the radial
velocity component v* (r*, t*) is now playing an important role. The pressure difference
Ap* = p* — pX.. is now of the order of 100 Pa, comparable to the average pressure
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Dy in the venule. As a consequence, competition arises between the two driving
mechanisms which will be responsible for the activation of the valve. Let us point out
the main characteristics of this complex flow.

(i) Differently from the case of arterioles, where pressure has a linear dependence
on the longitudinal coordinate x*, here, the second derivative of pressure with
respect to x* is not zero and is not constant in time.

(i) The valves placed at the ends of the venule open or close to ensure that the
longitudinal blood velocity never becomes negative, preventing backflow. Mathe-
matically, this behavior is expressed by boundary conditions including unilateral
constraints (Signorini-type conditions [51]).

Much care must be put in selecting the reference quantities for pressure and velocity,
providing the natural scale for the dimensionless reformulation of the differential
equations at the leading order in . A natural choice for the wall velocity vy, is
48 R}/ T*, while the expected characteristic longitudinal velocity is u,, = v}, /e.
The peristaltic pressure is now rescaled by

o= Ve _ g 1
Y RE g2 T* &2

For § = 0.25, n* =4mPa-s, T* = 65, 1/¢2 = 10°, we find 133 Pa, thus of the
same order as Ap*. At the venule inlet and outlet boundaries, some peculiar conditions
must be imposed representing the valve action:

At x* = 0 (inlet),

+ either dp*/0x™ = O (that is, the valve is closed) or p* = p = Ap* + pJ, (that
is, the valve is open),

< dp*/dx* < 0 (forbidding backflow),

< pr =

At x* = L* (outlet),

+ either dp™/0x™ = 0 (that is, the valve is closed) or p* = pJ, (that is, the valve is
open),

- dp*/dx* < 0 (forbidding backflow),

© T2 P

These conditions model the interplay between the flow and the valves: a valve open
makes pressure equal to the outer pressure, and that occurs if the flow is running in the
allowed direction (negative pressure gradient). When a valve closes, the longitudinal

velocity vanishes (dp*/dx* = 0) and pressure is allowed to evolve freely (above the
inlet value at the entrance, below the outlet value at the exit). Here too, we skip all
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calculations (see [25], for details) and jump to the conclusions, valid at the main order
approximation, adopting the original dimensional variables. Pressure is no longer linear
in x* but it exhibits a time-dependent, constant in-space curvature:

82p* B R*

*
o2 R

where the superimposed dot represents differentiation with respect to time.

(4.10)

Equation (4.10) comes from the combination of the remaining governing differential
equation at the leading order, which we here write in the dimensional form

1 8p* R*Z _ r*2
Coprox* 4
ou* 1 a(rv*)
ax* | r*  orr

4.11) u* =

(4.12) 0.

We just differentiate (4.11) w.r.t. x*, insert the result into (4.12) and then integrate
w.r.t. r*, remembering that, at the considered approximation order, p* does not depend
on r*, and that v*(x*, R*(¢*),t*) = R*(¢*). It is remarkable, by the way, that now
the radial component of the velocity appears at the leading order approximation. The
pressure profile can be found by exploiting the boundary conditions, and it is different
in the compression and the expansion phase of the vessel oscillation. It is useful to
introduce a quantity, which we may call vasomotion pressure

R*(t*

(4.13) Pyas(t™) = SH*L*Z%-

This pressure discriminates the valve state by comparison with Ap* at each time instant.
It is important to remark that p¥ (¢*) vanishes when R* = 0, but during the wall
oscillation, it can reach values larger than Ap™* if vasomotion is strong enough. In
Figure 29, we have reported p; . and Ap™* to highlight the intervals of engagement/no-
engagement of the inlet-outlet valves. Notice that if pJ (1*) never exceeds Ap*, then
valves are never engaged, thus becoming unnecessary, as it happens in arterioles.

(A) Compression phase (R* < 0). Here and in the sequel, x = x*/L*.
The outlet valve (x = 1) is open. We distinguish two cases:

(@) pr. < Ap*.Then, the inlet valve is open and the pressure profile is
Plomp (X 1) = Pl () (x—=x?) = Ap*(x—1),  (p*(0.t¥)=Ap* + pi, = p})-
(b) pr > Ap*. Then, the inlet valve is closed and the pressure profile is

Plomp (6. 1%) = plg @) (1 —=x%), (p*(0.1%) = pi(t™) + py > Piy)-
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t=t"/T"
Ficure 29. Time intervals of engagement/no-engagement of the inlet-outlet valves as a function
of the difference Ap™* — p  (the value of Ap™* is exaggerated for visualization purposes).

Radius oscillation

% Dongaonkar et al. (2012)

R(t) (dimensionless)

0 0.63 1
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Ficure 30. Experimentally measured radius oscillation vs. the approximating function (4.14). The
maximum of R is in f, & 0.63. The expansion phase occurs for ¢ € (0, fmax), the compression

one for ¢t € (tmax, 1).

(B) Expansion phase (R* > 0). The inlet valve (x = 0) is open. Here too we have two

cases:

(c) pir, < Ap*. Then, the outlet valve is open and the pressure profile is
Pap(x, 1) = pr ) (3 —x) = Ap*(x = 1) + piy. (P7(L,1) = pg).
(d) pr > Ap*. Then, the outlet valve is closed and the pressure profile is
Pop(x. 1) = Pl () (x® = 2x) + Ap* + plu. (p*(L17) < pl)-

In [27], the vasomotion law R*(¢*) experimentally observed by Dongaonkar et al.
[18] in the bat wing was very closely approximated by

R*(1*) *\3 *\\3
4.14) =237 — 1—|{— + 0.75,
R T T

repeated periodically with R = 70 pm and period 7* = 6, reaching the maximum
(R* = R}) at the time ~ 0.63 T* (see Figure 30).
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z=0., Ap=0.238, § =0.25

P

0.63 1
t

Ficure 31. Best fit in x = 0 of the dimensionless luminal pressure measured by Dongaonkar et
al. (see [18, Figure 5]), and its rescaled dimensionless version, [25, Figure 6]. Here, Ap = 0.238
and 6 = 0.25. The pressure remains above Ap as long as t € (fma, 1) (compression phase)
(see Figure 30). During this interval, the inlet valve is closed, and the outlet valve is open. The
flat branches of the graph correspond to the situation in which both valves are open (p|x=0 =

Ap + Pout and p|x=1 = poul)~

The model above provided a good fit with the experimentally measured pressure,
as shown in Figure 31.

It can be noticed that the fit is excellent near the pressure peak, but that pressure
is underestimated during the increase and decrease phases. Such a discrepancy was
addressed in the paper [9] starting with the remark that the Signorini-type boundary
conditions at the location of the valves (x = 0, x = 1) can be interpreted as a stepwise
relationship between p (dimensionless) and the (dimensionless) pressure gradient
G = dp/0dx. Indeed, in x = 0 as long as dp/dx < 0 (blood flowing in), the pressure
equals the given inlet pressure, while p is free to increase when the valve closes
(dp/dx = 0). The dimensionless pressure gradient G is never allowed to become
positive. Figure 32 provides a representation as a graph of the alternatives related to
the Signorini-type conditions.

A model variant consists of replacing these sharp graphs with the respective hyper-
bolic approximations,

Pin = AP<1 - %)

4.15) m
Dout = ek forx =L,

where n and m are positive numbers which can be associated with the speed of the
valve’s action. This modification yields a better fitting with n = 100, m = 50 (see
[9, Figure 2]). Lower values of n, m could effectively represent the flow in pathological
case, like valve incontinence.
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|
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—
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-

ap
‘ dx |x=0

Pout

! Din = AP + Pout
- Dlx=1

—_— - . Plx=0

—_———me e |- - »

... Boundary condition at x = 1
Boundary condition at x = 0 Y

Ficure 32. Pressure gradient vs. pressure at the inlet x = 0 and outlet x = 1 ends.

5 =0.25,Ap =0.238

60 - b

20
p(,1)

0.0 0.2 0.4 0.6 0.8 1.0
t
— =0 z=0.2 z =04
— =06 — =08 — =1

Ficure 33. Pressure profile versus time at different distances from the inlet valve for Ap =
0.238 (dimensionless) and § = 0.25. We notice the closure of the outlet valve (at x = 1) when
t € (0,0.63) and the closure of the inlet valve at x = 0 when ¢ € (0.63, 1). In this case, py, is
less than Ap only for very small time intervals closetot = 0,7 = 0.63 and t = 1.

Figure 33 shows the pressure profile in six different longitudinal locations along the
vessel when the boundary conditions are of the Signorini-type (see Figure 32). Figures 34
and 35 show, respectively, the pressure profiles versus time at x = 0 and x = 1, in the
expansion phase, i.e., € (0, 0.63) and the compression phase, i.e., ¢ € (0.63, 1) (see
Figure 30). The dimensionless value of Ap needed to fit the experimental curve by
Dongaonkar et a. [ 18] is rather small, compared to the dimensionless values reached by
Pvas (see Figure 31). This implies that py,s becomes lower than Ap only for negligible
time sub-intervals of (0, 1). Therefore, in this specific case, both valves are practically
always alternatively engaged.
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p(0,t) while R < 0 (compression phase) for § = 0.25 , Ap = 0.238

Inlet valve closed

P

Outlet valve open

7 Pout

|
0.63 1
t

— p(0,%)

Ficure 34. Pressure profile versus time at x = 0 during the compression phase (the outlet valve
is open) for Ap = 0.238 (dimensionless) and § = 0.25 (see Figure 33). The compression phase
occurs for ¢ € (0.63, 1). In this case, py,s is less than Ap only for very small time sub-intervals
closetot = 0.63and t = 1.

p(1,t) while R > 0 (expansion phase) for § = 0.25 , Ap = 0.238

9 Pout

Inlet valve open

P

Outlet valve closed

t
— p(1,t)
Ficure 35. Pressure profile versus time at x = 1 during the expansion phase (the inlet valve is

open) for Ap = 0.238 and § = 0.25. The expansion phase occurs for z € (0, 0.63). In this case,
Dvas 18 less than Ap only for very small time sub-intervals close to # = 0 and ¢ = 0.63.

5. CoNcCLUSION

We have discussed a number of recent findings on some particular phenomena in blood
circulation in small vessels (in the range of 50—500 pm), namely, the so-called F and
FL effects in addition to vasomotion. All these phenomena were discovered a long time



SPECIAL PHENOMENA OCCURRING IN SMALL BLOOD VESSELS 439

ago but lacked a rationale based on the fundamental laws of dynamics of fluids and
fluid-solid mixtures. Besides filling this gap, the additional aim pursued here was to
provide an interpretation of their physiological relevance for improving tissue perfusion
with respect to the aforementioned studies and to point out that some of the assumptions
made in the past on this topic were not correct. We also investigated the combination
of the FL effect with vasomotion and emphasized the resulting benefit.

Symbol Unit Meaning

R* m Vessel radius
D* m Vessel diameter
n* Pas Blood viscosity
L* m Vessel length
p* Pa Blood pressure
H — Hematocrit
T* Pa Shear stress tensor
D* s Shear rate tensor
u* ms~! Longitudinal blood velocity
s* m Radius of the RBCs rich core
v* ms~! Radial blood velocity
f — Literature empirical formula for viscosity
V* m3 Vessel volume
w* Js7! Dissipated power
o* m3s~! Volumetric flow rate
T* s Oscillation period
G — Dimensionless pressure gradient
o — Fitting parameter
&* J Mechanical energy dissipated in a cycle
a* m Marginal layer thickness at the vessel entrance

TasLE 3. List of symbols used throughout the paper. Here, only SI units are indicated although,
occasionally, various alternative units or sub-units are used. If a symbol appears in the text
with the superscript “*”, it means that the corresponding quantity is meant to be dimensional;
otherwise, it must be considered dimensionless.
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