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Abstract: Over the years, various experimental methods have been applied in an effort to understand the 
blood flow behavior in microcirculation. Most of our current knowledge in microcirculation is based on 
macroscopic flow phenomena such as Fahraeus effect and Fahraeus-Linqvist effect. The development of 
optical experimental techniques has contributed to obtain possible explanations on the way the blood flows 
through microvessels. Although the past results have been encouraging, detailed studies on blood flow 
behavior at a microscopic level have been limited by several factors such as poor spatial resolution, 
difficulty to obtain accurate measurements at such small scales, optical errors arisen from walls of the 
microvessels, high concentration of blood cells, and difficulty in visualization of results due to insufficient 
computing power and absence of reliable image analysis techniques. However, in recent years, due to 
advances in computers, optics, and digital image processing techniques, it has become possible to combine 
a conventional particle image velocimetry (PIV) system with an inverted microscope and consequently 
improve both spatial and temporal resolution. The present review outlines the most relevant studies on the 
flow properties of blood at a microscale level by using past video-based methods and current micro-PIV 
and confocal micro-PIV techniques. Additionally the most recent computational fluid dynamics studies on 
microscale hemodynamics are also reviewed. 
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BLOOD FLOW BEHAVIOR IN MICROCHANNELS 

Blood in large arteries may be treated as a homogenous fluid from a macroscopic perspective. However, in 
reality blood is a suspension of deformable cells in a viscous fluid plasma. In microcirculation, which 
comprises the smallest arteries and veins, the flow behavior of individual blood cells and their interactions 
provide the microrheological basis of flow properties of blood at a macroscopic level. As a result, in 
microcirculation it is fundamental to study the flow behavior of blood at cellular level.  

 

 



Haemodynamics of the circulatory system 

The primary function of the circulating blood is to transport oxygen, nutrients, waste products and heat 
throughout the body. The oxygenated blood leaves the heart, with high pressure and velocity (Reynolds 
number (Re) > 2000), through the aorta and moves into other large arteries, then into arterioles and, finally, 
into the capillaries. On its way back from the capillaries the blood moves into venules and then into veins in 
order to return to the heart and to begin the same journey all over again (see Fig. 1a).  

 
Figure 1: a) Schematic diagram of the circulatory system. b) Schematic diagram showing the changes in blood pressure 
and Re on the large arteries, capillaries and veins [1, 4, 15]. 

 

In large arteries, where the diameter of the blood vessels is large enough compared to individual cells, it has 
been proved adequate to consider blood as a single-phase fluid [1-3]. Accordingly, blood in large arteries may 
be treated as a homogeneous fluid (continuous viscous fluid) where its particulate nature is ignored. 
Moreover, due to the large Reynolds number (Re) in arteries, blood flow is governed by inertial forces. 
However, arteries divide into successive smaller arteries and consequently the cross-sectional area of the 
vascular bed increases. As a result both pressure and velocity decrease as the blood flows into the smaller 
vessels. When the blood reaches the arterioles and capillaries the Re became less than 1, where viscous force 
dominates over inertial forces (see diagram in Fig. 1b). At this microscale it is fundamental to take into 
account the effects of the multiphase properties of the blood on its flow behavior [1, 2, 4]. A clear example of 
the multiphase nature of the blood, illustrated in Fig. 1a, is the formation of a plasma layer at microvessels 
less than 300 µm, known as Fahraeus-Lindqvist effect [5]. It is based on the Fahraeus-Lindqvist effect we 
define microcirculation as the one including all microvessels or microchannels with a diameter smaller than 
300 µm. 

Blood composition 

Blood is not a homogeneous fluid, but one composed of a suspension of cells, proteins and ions in plasma. In 
normal blood, three types of cells comprise about 46% of its volume (see Table 1). These cells are the red 
blood cells (also known as erythrocytes), white blood cells (also known as leukocytes) and platelets (also 
known as thrombocytes) (see Fig. 2). 



 
Figure 2: Scanning electron microscope image of human blood cells (adapted from [6] ). 

 

Table 1: Blood cells composition [1] 

Cell 
Unstressed shape and 

dimensions (µm) 
Volume concentration (%) 

in blood 

Red blood cell (RBC) Biconcave shape (8) 45 
White blood cell (WBC) Roughly spherical (7-22)   

1 
Platelets Round or oval (1-4) 

 

Red blood cells (RBCs) 

Blood flow behavior in microcirculation is strongly influenced by the red blood cells (RBCs), since they 
occupy almost half of whole blood volume. RBCs are formed in the bone marrow and during maturation they 
lose their nuclei before entering the circulatory system. When suspended in an isotonic medium (such as 
plasma or physiological saline) RBCs has a biconcave discoid shape, with a major diameter of about 8 µm. 
The dimensions and shape of a typical human RBC is shown in Fig. 3. 

 
Figure 3: Dimensions and shape of an unstressed human RBC (adapted from [1] ). 

 

The RBC density is about 1.08×103 kg.m-3 and its major cellular components are the cytoplasm and a thin 
membrane composed of lipid bilayer and protein molecules. The internal fluid (cytoplasm) is essentially a 
concentrated hemoglobin (Hb) solution which as the ability to transport oxygen and carbon dioxide. In 
addition the internal viscosity provided by the intracellular Hb contributes to the rheological properties of the 
RBC. The protein matrix, usually known as cytoskeleton, plays an important role on its mechanical properties 
and in maintaining its biconcave disk shape. As a result the ability of RBCs to deform is greatly influenced by 
its cell membrane and shape and also by the Hb concentration. There is experimental evidence that normal 
RBCs are extremely deformable into a variety of shapes in flowing blood in response to hydrodynamic 



stresses acting on them. Fig. 4 shows several examples of RBCs deformation in capillaries and in extremely 
narrow microchannels [1-3]. 

 
Figure 4: RBCs deformation a) in vivo capillaries [10], b) by computational simulation [11], c) through narrow 
microchannels. 

 

White blood cells (WBCs) 

White blood cells (WBCs) are nucleated cells that represent the major defence mechanism against infections. 
Their shape is, in general, roughly spherical but their surface is not normally smooth (see Fig. 2). The 
diameter of WBCs ranges from about 7 up to 22 µm, depending on its type. Healthy blood contains normally 
less than 1% of WBCs of the total volume of blood cells. [1, 7]. It has been argued that WBCs are less 
deformable than RBCs however WBCs can pass through the capillaries vessels walls. Thus the mechanical 
properties of WBCs are not clearly understood and need further research. Little is also known about the effect 
of the WBCs on the blood flow behavior in microcirculation. The blood flow under pathological conditions 
may promote the amount of WBCs within the flow and consequently they may disturb the blood flow 
behavior in microvessels. 

Platelets 

Platelets are cells with no nuclei, round or oval discoid shape, in general, and with diameters from about 1 to 2 
µm. The number of platelets is usually less than the WBCs and they may have little effect on the blood flow 
behavior. Although platelets play an important role in blood coagulation and thrombus formation, this topic is 
beyond the scope of the present work [1, 7]. 

Plasma 

Plasma is a yellowish fluid which contains 90% of water by volume and 10% of proteins (such as albumin and 
fibrinogen), inorganic substances (such as sodium ions and chloride ions), vitamins, dissolved gases, etc. The 
proteins within the plasma flow, due to their large molecular size, usually do not pass through the capillary 
wall, thus generating an osmotic pressure. In in vitro experiments the osmotic pressure is an important 
parameter that needs special attention. For example, when RBCs are suspended in an isotonic solution, like 
physiological saline, their shape does not change. However, if the RBCs are suspended in a hypotonic solution 
(NaCl less than 0.9%) the water diffuses into the cells interior and as a result they swell and may undergo 
hemolysis [4, 12]. 

Blood rheology   

Rheological properties from rotational viscometers 

When the blood plasma was investigated with a viscometer, it was found that it behaves as a Newtonian fluid. 
However, it was demonstrated that for a haematocrit (Hct) of 45% (percentage of the total blood volume 
occupied by the cells) the viscosity varies with the shear rate ( yv ∂∂= /γ& ), implying that the blood at high 



Hcts behaves as non-Newtonian fluid (see Fig. 5). Moreover, it was also shown that blood viscosity also 
varies with the temperature and disease state [7, 9]. 

 
Figure 5: Relation between viscosity and shear rate (γ& ) of normal blood (45% Hct) and plasma (0% Hct) (adapted from 

[9]). 

 

Several experiments have examined the variation of viscosity with shear rate by using different kinds of fluids 
such as water, normal RBCs (45% Hct) suspended in plasma, washed RBCs (45% Hct) suspended in albumin-
ringer solution and glutaraldehyde-hardened RBCs (45% Hct) in albumin-ringer solution. From Fig. 6, it is 
very clear that the normal blood has a rheological behavior significantly different from water. In fact, for the 
case of normal RBCs suspended in plasma, at low shear rates (γ&<1s-1) the cells tend to aggregate to form 

rouleaux, where the presence of proteins (fibrinogen and globulin) in the plasma are believed to contribute to 
the RBCs aggregation. When the shear rate increases the rouleaux tend to break-up and the viscosity to 
decrease due to the deformation of the RBCs and the alignment with the flow. In the case of RBCs suspended 
in albumin-ringer solution, without fibrinogen and globulin, the results have shown that the RBCs do not have 
tendency to form rouleaux, a fact that reflects the lower viscosity at low γ& . These RBCs at high shear rate 

also deform and align with the flow. In contrast, hardened RBCs by losing their ability to deform they tend to 
increase the viscosity, especially at γ&  > 1 s-1  [9, 13, 14]. 

 
Figure 6: Relation between viscosity and shear rate (γ& ) of water (0% Hct), normal RBCs (45% Hct) suspended in 

plasma, washed RBCs (45% Hct) in albumin-ringer solution and hardened  RBCs (45% Hct) in albumin-ringer solution 
(adapted from [13-15] ). 



Another interesting experiment, revealing the remarkable fluidity of normal blood, was performed by 
Goldsmith and Mason. Fig. 7 shows that in the suspension of rigid spheres, at 50% concentration, the 
viscosity increases exponentially making them difficult to flow. However, in the case of normal blood, even at 
80% Hct, it has the ability to behave as a fluid [9, 14]. Although rotational viscometers have provided 
important findings on the blood rheological behavior, it should be emphasized that the actual rheological 
behavior of blood through microchannels may be different from some of the results above. 

 
Figure 7: Relative viscosity of blood at 25°C as a function of Hct compared to that of suspensions of rigid spheres 
(adapted from [14]). 

 

Rheological behavior in microchannels 

The most astonishing flow characteristics of blood are known as Faharaeus effect and Faharaeus-Lindqvist 
effect. These two effects are strongly related to the microtube diameter and they were also observed in vivo 
experiments. Obviously in rotational viscometers these effects were never observed. 

 

a)           b) 
Figure 8: a) Fahareus effect in glass capillaries [17, 18] b) Arteriovenous distribution of heamatocrit in mesenteric 
microvasculature of the cat (adapted from [2]). 

 

 



In the classical work of Robin Faharaeus, he observed that blood flow behavior and its heamatocrit are 
strongly affected by microtubes diameters less than 300 µm. The Fahareus effect indicates that the Hct in the 
glass capillaries (< 300 µm) is lower than the feed Hct, which suggests that the Hct decreases as the blood 
proceeds through narrower microvessels (see Fig. 8). This phenomenon results from the axial migration of the 
RBCs to the centre of the microtube and consequent faster motion of the cells when compared with the 
suspending medium, such as plasma or dextran [5, 7, 9, 16]. 

The Faharaeus-Lindqvist effect is somehow related to the above phenomenon. Again for microtubes 
diameters less than 300 µm, Faharaeus and Lindqvist observed that the apparent blood viscosity decreases as 
the microtube diameter became smaller [5]. After them, several works have extended their experiment down 
to diameters of about 3 µm and they have observed that the decrease of the apparent viscosity continues down 
to diameters of about 10 µm. However, the Faharaeus-Lindqvist effect is reversed at diameters 5 to 7 µm (see 
Fig. 9). This phenomenon indicates that the tube Hct is not the only parameter affecting the apparent 
viscosity. Thus, it is believed that the plasma layer and also the microscopic motions of RBCs play an 
important role on the apparent blood viscosity [7, 16, 19, 20]. 

 
Figure 9: Relative apparent viscosity of in vitro blood through glass capillaries with diameters between 3.3µm and 800µm 
(adapted from [19, 21, 22]). 

 

An obvious explanation for the Faharaeus-Lindqvist effect is the decrease of the dynamic Hct (Hct in the 
microtube) with decreasing microtube or microvessel diameter and the consequent decrease of the apparent 
viscosity. This effect can also be explained by the formation of a marginal plasma layer near the wall of the 
microchannel. This plasma-rich layer located between the RBC core and wall (where the shear forces are 
maximal) contributes to the reduction of apparent blood viscosity. In microcirculation the plasma layer is 
believed to reduce the friction between RBCs and endothelial cells and consequent flow resistance. However, 
the complex formation of the plasma layer has not yet convincingly demonstrated mainly due to multi-
physical and hemorheological factors that affect the plasma layer. Currently, the most acceptable explanation 
is due to the tendency of the RBCs to migrate toward the microtube axis enhanced by the RBCs deformation 
and interations (see Fig. 10) [9, 14, 16, 23-25]. 



Figure 10: The RBCs axial migration may be explained by the tank

velocity gradient (γ& ) of the flow [26]

 

The rheological behavior of blood in microcirculation can not be directly 
viscometers, since it is strongly influenced by several combined effects of the plasma layer, RBC 
deformability or aggregation and RBC radial distribution. In fact several researchers have observed that the 
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Figure 11: Hydrodynamic resistance (R) as a function of mean tube velocity (

Microscopic flow behavior in microchannels

In order to obtain further insight into the blood rheological behavior, Goldsmith and his colleagues 
25, 31, 32] have performed series of experiments with diluted and concentrated suspensions 
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The rheological behavior of blood in microcirculation can not be directly estimated from rotational 
viscometers, since it is strongly influenced by several combined effects of the plasma layer, RBC 
deformability or aggregation and RBC radial distribution. In fact several researchers have observed that the 
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Microscopic flow behavior in microchannels 

In order to obtain further insight into the blood rheological behavior, Goldsmith and his colleagues 
have performed series of experiments with diluted and concentrated suspensions 

 
tread motion of the RBC membrane due to the 

estimated from rotational 
viscometers, since it is strongly influenced by several combined effects of the plasma layer, RBC 
deformability or aggregation and RBC radial distribution. In fact several researchers have observed that the 

ease with decreasing shear rate or increasing RBCs aggregation tendency [27-29]. This 
observation does not corroborate with the findings provided from rotational viscometers. Cokelet and 

BCs suspended in dextran 110 and 
it is possible to observe that 

when RBCs were suspended in dextran 110 the hydrodynamic resistance decreased at low flow rates due to 
aggregation. This surprising phenomenon is maybe due to the increase of the thickness of the 

plasma layer enhanced by RBCs aggregation. In contrast when RBCs were suspended in albumin-saline the 
e there was not any aggregation of RBCs and 

plasma layer. It should be noted that in horizontal tubes an increase of the apparent viscosity may happen at 
. Despite the significance of the role of RBCs 

aggregation on the blood viscosity, some controversies related to the chemicals used to enhance the 

 

(adapted from [28]). 

In order to obtain further insight into the blood rheological behavior, Goldsmith and his colleagues [14, 24, 
have performed series of experiments with diluted and concentrated suspensions of various types 



of particles and RBCs through a glass capillaries. In their experiments they used a conventional microscope in 
order to obtain detailed information about the blood flow behavior at a microscopic level. 

Particles and RBCs in diluted suspensions 

In Poiseuille flow, the behavior of suspended particles depends on several factors such as shear rate, particle 
deformability, size and shape. Generally, at low shear rates and diluted suspensions, rigid spherical particles 
and hardened RBCs (HRBCs) tend to move axially without any radial migration. On the other hand, 
deformable bodies tend to migrate towards the tube axis due to a radial hydrodynamic force. For higher (>1) 
particle Reynolds number (Rep) where the inertial forces become important, both deformable bodies and rigid 
spheres have axial migration, however the spheres not always migrate toward the centre. The spheres near the 
wall moves towards the centre whereas the ones in the centre moves towards the wall. At the end they reach 
an equilibrium radial position of 0.6R, where R is the tube radius. This effect is known as tubular pinch effect. 
Fig. 12 shows typical motions for rigid and deformable particles [1, 24, 25]. 

 
Figure 12:  Schematic representation of migration differences of rigid, deformable particles and HRBCs in the median 
plane of the microtube. The particle Reynolds number (Rep) is defined by using the particle diameter as the characteristic 
length-scale (adapted from [24, 25]). 

 

The motion of a single RBC in plasma undergoing Poiseuille flow reflects the behavior of both rigid and 
deformable particles. When the shear rate (γ& ) is less than approximately 20s-1, the cell seems to rotate in 
orbits similar to rigid discs where they flip and rotate with a periodically varying angular velocity (rotational 
and tumbling motion). At low shear rates it was observed that its biconcave shape retains while rotating, 
however it was also observed that the RBCs tended to migrate away from the walls suggesting that small 
deformations may also occur. At γ&  > 20 s-1 the rotation progressively deviates from that of rigid disks and 
tend to be aligned with the direction of the flow. At γ&  around 33 s-1, the RBCs cease to rotate as a whole and 
instead deform and rotate around the interior of cell, the so-called “tank-tread” motion. Although there is no 
experimental evidence, it is suggested that the membrane motion is transmitted into the interior of cell 
(cytoplasm) and may enhance the circulation of the hemoglobin (Hb) solution and consequently it may play 
an important role in the oxygen release from RBCs to tissues. At very high shear rates (γ&  > 5000 s-1), RBCs 
are subjected to the tubular pinch effect with an equilibrium position nearer to the centre of the microtube [1, 
7, 25].  

In turn, hardened RBCs behave like rigid particles at all shear rates. At Rep <<1, they do not exhibit radial 
migrations, however at Rep > 1 they experience the tubular pinch phenomenon. [1, 14]. 



RBCs in concentrated suspensions 

Although the flow properties of RBCs in diluted suspensions were extensively studied for many the years, 
such is not the case when the RBCs flow within a crowded environment. The reason is mainly related to 
technical limitations of optical systems to obtain reliable measurements at Hct bigger than 10%. However, 
Goldsmith and coworkers [14, 24, 31, 32] have overcome this technical difficulty by using transparent RBCs 
(known as ghost cells) as the suspension medium. By using ghost cells they were able to study the behavior of 
individual RBC flowing in concentrated suspension of RBC ghosts. Although there are controversies whether 
ghost cells have the same rheological properties of normal RBCs [32, 33], to our knowledge their work have 
provided the best insight into the complex behavior of RBCs flowing in the interior of concentrated 
suspensions. 

The motion of RBCs in concentrated suspensions is appreciably different from those observed in very diluted 
suspensions (Hct < 1 %). At concentrated suspensions the motion of RBCs is disturbed not only by the 
collisions with neighboring cells but also by the plasma layer near the wall. In this way, the cell paths exhibit 
continuous erratic displacements with the largest ones occurring in the region between 0.5 and 0.8 of the tube 
radius from the axis. At a given microtube, the magnitude of radial displacements tends to increase with the 
concentration of RBC ghost cells. However, at concentrations bigger than 50%, the displacement decreases. 
At Hct > 50%, although the crowded environment leads to an increase of the cell deformation, it also limits 
the magnitude of the RBC radial dispersion [14, 31, 32]. 

The RBCs flowing at Hct bigger than 30% are deformed into a variety of shapes and rotate irregularly. 
Qualitative observations indicate that the degree of deformation increases with the concentration of ghost 
cells. It was also observed that at the centre of microtube some RBCs have retained their biconcave shape [31, 
32]. Although the work of Goldsmith has provided important qualitative observations on the microscale 
behavior of RBCs flowing through microtubes, this research field remains relatively unexplored. 

Velocity profiles 

Blood flow velocity in microvessels and microchannels have been measured during the years by several 
measurements techniques such as: double-slit photometric [33, 34], video microscopy and image analysis [24, 
32, 36, 37], laser-Doppler anemometer [38-42]. and particle-measuring methods [43, 44]. From all these 
studies there is no general consensus about the actual velocity profile in microvessels. Although some results 
reported parabolic profiles [34, 42, 43], others suggested blunt profiles [24, 32, 36, 44] and even others 
reported blunt profiles at extremely low velocities and diameters and parabolic profiles at diameters bigger 
than about 100µm [33, 40]. The large scatter of results reflects the complexity of the phenomena happening in 
microcirculation. However, it is clear from the past researches that the flow velocity profiles are strongly 
affected by several combined parameters such as : Hct, microtube diameter, shear rate, flow rate, suspension 
fluid (plasma, PS or dextran), experimental errors, concentration of trace particles, etc. Despite the great 
amount of research on this area, experimental evidence remains scarce and controversies still remain. 

An important work on this field was performed by Goldsmith and his co-workers [14, 24, 32]. Again by using 
suspensions of ghost cells, they have obtained velocity profiles based on the microscopic flow behavior of 
RBCs. Their results suggested that at diluted solutions (∼1% Hct) the velocity profile is close to parabolic. At 
higher Hct, the profile becomes flat around the axis of the microtube (see Fig. 13). The degree of blunting 
increases with the Hct and decreases with the flow rate. The main reason for the former phenomena seems to 
be related to the interactions of the suspended RBCs in shear flow whereas the latter may be associated with 
the decrease of blood viscosity due to cell disaggregation and deformation [1, 14, 24, 32].  



 
Figure 13: Schematic representation of the velocity profiles at Re <1 in capillaries for RBCs suspended in diluted (<1% 
Hct) and concentrated (32% Hct) suspensions. Local velocities (u(r)) are plotted as ratios of the centre line velocity 
(Uavg). R and r correspond, respectively, to the microtube radius and radial position (r) from the tube axis (adapted from 
[1, 14]). 

 

Although qualitatively these results may provide a good basis of actual flow behavior of blood through 
microchannels, careful interpretation of the results should be considered due not only to the use of ghost cells 
but also unknown temporal and spatial resolution of the measurement technique. 

Relevance of blood flow in microchannels 

The complexity to control and obtain reliable measurements of the blood flow behavior through the in vivo 
microvascular system has led several researchers to perform their studies by using narrow glass tubes with 
simple geometries. By using in vitro models it allow a more precise control over the experimental variables of 
interest and extract detailed information of the flow behavior of individual blood cells. In fact, much of the 
understanding of the haemodynamics phenomena observed in microcirculation was obtained from studies on 
the both macro and microrheology properties of blood flowing through glass microtubes. Although glass 
microchannels present certain similarities to in vivo microcirculation, it is also clear that these kind of static in 
vitro experiments differ from microvessels in several respects, such as: elasticity of microvessels, role of the 
irregularly shaped endothelial surface and effect of the branches and asymmetrical structure of microvessels. 
Thus it was not surprising that several studies on blood flow in glass microtubes and in microvessels have 
yielded conflicting results with respect to flow resistance [45] and deformability of RBCs [46]. In the former 
case, they reported that the apparent viscosity was higher in vivo than in glass tubes whereas in the latter they 
have found that RBCs deform less in microvessels. However, the observed in vivo/in vitro discrepancies have 
not yet been convincingly explained. As a result, further work is clearly needed in this research field. 

BioMEMS – the new generation of microchannels 

It is obvious that the conflicting results arisen from in vivo/in vitro can not be explained by using the research 
done in straight rigid glass microchannels. One possible way to overcome the limitations of the glass 
capillaries is by using microelectromechanical systems (MEMS) technology to manufacture microdevices to 
study in vitro blood flow in an environment closer to in vivo conditions, known as BioMEMS devices or 
biochips. By using a soft lithographic technique it is possible to fabricate polydimethysiloxane (PDMS) 
microchannels with complex geometries similar to human blood arterioles and capillary networks [47-49] (see 
Fig. 14). Besides the ability to mimic complex geometries this kind of microchannels have others remarkable 
properties such as good optical transparency, biocompatibility and permeability to gases. This latter property 
makes these microchannels adequate to culture living cells on their surfaces and consequently they provide a 
powerful way to study several phenomena in the microcirculation [50-52]. However, to our knowledge the 



current MEMS technology can not manufacture accurately microchannels with circular cross section. Instead 
they usually fabricate microchannels with rectangular cross section. Despite the great significance of this 
limitation, research on this field remains extremely scarce. A simple technique, known as wire casting 
technique, to overcome this limitation was recently published elsewhere [53]. The proposed method is rapid, 
inexpensive and requires no clean room or specialized equipment to fabricate straight circular microchannels 
by using precision wires of different materials. Detailed information about this fabrication technique can be 
found elsewhere [17, 53]. 

   
a)        b) 

Figure 14: In vitro blood flowing through a (a) bifurcation and (b) stenosis fabricated by soft lithography. 

 

Flow visualization techniques in microcirculation 

In large blood vessels, the conventional non-invasive medical instruments to measure the blood flow are the 
Doppler ultrasound and magnetic resonance imaging (MRI) techniques. Although, both techniques have 
revolutionized cardiovascular diagnosis, these in vivo diagnostic techniques have several limitations. One of 
them is the inability to obtain quantitative detailed information at a microscale level due to the relatively poor 
spatial resolution [54, 55]. Accordingly, these techniques did not gain popularity among the microcirculation 
research community. 

In the past, blood flow in both microvessels and microchannels has been measured by several measurements 
techniques such as: double-slit photometric [33, 34], laser-Doppler anemometer [38-42]. These techniques 
used direct photometric information obtained without image information [56]. However, most successful 
techniques are the video-based methods [24, 32, 36, 37]. Generally, these methods record video-microscopy 
images in order to be analyzed off-line by using image processing techniques. 

A very recent video-approach to study the flow properties of blood in microcirculation is the micro-particle 
image velocimetry (PIV) [43, 44, 57-61]. Due to its high spatial and temporal resolution, this method is 
gaining widespread use for studying several phenomena in microcirculation. However, micro-PIV systems by 
using conventional microscopes, the entire flow field is illuminated and consequently, the out-of-focus 
emitted light can result in high levels of background noise, which degrades the measured velocity fields [62-
65]. This limitation can be overcome by using a spinning disk confocal microscope (SDCM) [66-68] instead 
of the conventional microscope. Due to its spatial filtering technique and multiple point light illumination 
system, confocal micro-PIV [69-72] has become accepted as a reliable method for measuring velocity profiles 
with high spatial resolution. Recently, the authors [71] demonstrated the ability of confocal micro-PIV to 
measure both pure water and dilute suspensions of RBCs (∼ 4% Hct) through a 100 µm square microchannel 
in several horizontal planes. Good agreement between the measured velocity profiles of pure water and an 
established analytical solution was obtained for steady flow in a long, straight square glass microchannel. 
Further work by using the same kind of microchannels was also performed by the authors but this time to 
determine both ensemble and instantaneous velocity profiles for in vitro blood with Hcts up to 17% [73]. 
Although the ensemble velocity profiles were markedly parabolic, some fluctuations in the instantaneous 
velocity profiles were found to be closely related to the increase in the Hct implying that the presence of 
RBCs within the plasma flow influences the measurements of the instantaneous velocity fields. Additionally, 
we have also observed that by using this approach the confocal system was only able to measure with good 
accuracy blood plasma with Hct up to 9%. For Hct bigger than 9%, the light absorbed by the RBCs 



contributes to diminish the concentration of tracer particles in the acquired confocal images. This low density 
images become more evident for Hct bigger than 20 %, which generates spurious errors in the velocity fields. 
For this reason, Lima and his colleagues [17, 18, 74] have developed a new approach to track individual tracer 
cells at high concentration suspensions of RBCs. Hence, a confocal micro-PTV system was employed, for the 
first time, in an effort to obtain detailed quantitative measurements on the motion of blood cells at both diluted 
and high suspensions of RBCs (see Fig. 15). The authors have successfully labeled both RBCs and WBCs and 
have measured their motions through a 100 µm glass capillary. The ability of the confocal system to generate 
thin in-focus planes has allowed both qualitative and quantitative measurements in flowing blood at 
concentrated suspensions (up to 35% Hct) of: cell-cell hydrodynamic interaction, RBC orientation and RBC 
radial dispersion at different depths [18, 74]. Further research was carried on to determine the RBCs radial 
dispersion coefficient (Dyy) in the middle plane of a 50µm and 100 µm glass capillaries at low Reynolds 
numbers (from 0.003 to 0.005) [74]. The results demonstrated that RBCs Dyy tends to increase with the Hct 
but at Hct of about 24% it tends to level off. This finding suggests that at moderate Hcts the development of 
the plasma layer and consequent decrease of the local cell density surrounding the RBCs may enhance the 
radial dispersion of RBCs. 

 
Figure 15: Confocal micro-PTV system used to measure the flow of labeled RBCs at both diluted and high suspensions of 
blood cells (adapted from [18, 74]). 

 

Along the years, many microcirculation phenomena in living microvessels qualitatively agree with those 
investigated in glass microchannels. However, it is also evident that this kind of rigid microchannels differ 
from microvessels in several ways, such as the elasticity of the walls, the role of the irregularly shaped 
endothelial surface, the effect of branches and asymmetrical structure of microvessels. Because of these 
limitations with glass microchannels, it is important to develop a microfluidic device closely representative of 
the in vivo microvascular environment using a reliable microfabrication technique compatible with the state-
of-the-art flow measuring techniques, such as a confocal micro-PIV/PTV system. By using a soft lithography 
technique it is possible to generate extremely precise, reproducible and versatile rectangular microchannels. 
Although rectangular microchannels may not be the best models to simulate in vivo microvessels geometry, 
many phenomena of blood flow behavior through this kind of microchannels exhibit certain features 
characteristic with those investigated in living microvessels [75-77]. Therefore, Lima and his colleagues [47] 
investigated the ability of a confocal micro-PIV system to measure the velocity profiles of both physiological 
saline (PS) and in vitro blood (20% Hct) in a rectangular (300 µm wide, 45 µm deep) polydimethysiloxane 



(PDMS) microchannel, which was fabricated by soft lithography. Generally, the velocity profiles were found 
to be markedly blunt in the central region, mainly due to the low aspect ratio (h/w = 0.15) of the rectangular 
microchannel. Predictions using a theoretical model for the rectangular microchannel corresponded quite well 
with the experimental micro-PIV results for the PS fluid. However, for the in vitro blood with 20% Hct, small 
fluctuations were found in the ensemble velocity profiles most likely due to the interactions between 
neighbouring RBCs, high shear rate generated in the vicinity of the walls, and temporal fluctuations of the 
local Hct. Additionally, this work also demonstrated that confocal micro-PIV can be effectively integrated 
with a PDMS microchannel and used to obtain blood velocity profiles along the full depth of the 
microchannel because of its unique 3-D optical sectioning ability [47]. 

PDMS rectangular microchannels have been used to study blood flow in complex geometries, including 
bifurcations and stonosis, in an effort to mimic human arterioles and capillary networks [48, 49, 75]. However, 
these microchannels have a rectangular cross-section, in contrast to living microvessels which have close to 
circular cross-section, and thus the blood rheology through them may be significantly different from that of in 
vivo blood vessels. Therefore, very recently Lima et al [53] have proposed a simple method based in a wire 
casting technique to fabricate circular polydimethysiloxane (PDMS) microchannels, suitable for in vitro 
hemodynamic studies. By using precision wires of different materials they were able to fabricate straight 
PDMS microchannels with diameters in the range of 50–250 µm. The method is rapid, inexpensive and 
requires no clean room or specialized equipment. By using a confocal micro-PTV system individual red blood 
cells (RBCs) were successfully tracked trough a 75 µm circular PDMS microchannel. The results showed that 
RBC lateral dispersion tends to increase with the Hct. 

Besides the ability to produce models with diameters comparable to in vivo microvessels, this axisymmetric 
PDMS microchannel has also good permeability to gases. This property makes these microchannels adequate 
to culture living cells on their surfaces, such as endothelial cells. Recently, Kaji and his colleagues [50-52], by 
using an innovative cellular micropatterning technique based on electrochemical method, have successfully 
cultured endothelial cells on the surfaces of rectangular PDMS microchannel and silicone tubing. In the near 
future the authors intend to pattern endothelial cells on the surfaces of the proposed circular PDMS 
microchannel. By culturing endothelial cells within the microfluidic device, we expect to develop a flow 
system device that closely mimics the in vivo environment and also to identify and quantitatively measure 
cellular and molecular events occurring between the blood cells and endothelium.  

ADVANCES IN NUMERICAL STUDIES ON MICROSCALE HEMODYN AMICS 

In a large vessel, the scale of generated flow field is much larger than the scale of a red blood cell (RBC). 
Thus, one can assume that the blood is homogeneous. In solving a blood flow in a large vessel, constitutive 
equations are used to express the rheological property of blood. Casson model [78] is often used as a 
constitutive equation of blood, which is given as: 

 

(1) 

                                                                                                              

where τ is the shear stress, λ is the plasticity, µ is the viscosity and γ&  is the shear rate. Casson model can 
express the plasticity and the shear-thinning property of blood. 

In a small vessel, however, the scale of generated flow field sometimes becomes comparable to the scale of a 
RBC. In such a case, the constitutive equations assuming homogeneous fluid is no longer valid, and the 
motion of individual RBCs needs to be solved in order to discuss the blood flow.  In this section, we will 
briefly explain numerical methods appropriate for microscale blood flows; a boundary element method, 
immersed boundary methods, and particle methods.  
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Boundary element method 

The RBC can be modeled by a capsule with a thin membrane and containing Newtonian fluids. The flow 
around a RBC is assumed to be a Stokes flow, given that the Reynolds number based on the cell diameter and 
the velocity variation in the cell scale are usually much less than unity. In using a capsule model, the flow 
field inside and outside a capsule can be described by the Stokes equation and the continuity equation, and the 
problem is closed with equilibrium and constitutive equations describing a mechanical behavior of the 
membrane. One of the most successful numerical method for addressing this problem is a boundary element 
method (BEM) first developed by Youngren and Acrivos [79]. 

 
Figure 16: Schematics of the system, where a capsule is deforming in a flow field. 

 

Let a capsule with the inside viscosity λµ be in an infinite fluid with the viscosity µ (see Fig. 16). By 
assuming Stokes flow, the velocity u around the capsule can be expressed by the integral form as [80, 81]: 
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where ∞u  is the background flow field, n is the outward normal vector, f is the traction force on the surface. 
The green functions J and K  are given by: 
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The main advantage of the integral equation is that all unknown quantities are distributed on the particle 
surface. In the BEM, the boundary integral equation is approximated by the summation at discrete collocation 
points on the surface, so that a computational mesh needs to be generated only on the two-dimensional 
surface, even though the flow problem is fully three-dimensional. The total number of meshes required is 
much less than with other numerical methods, which leads to a low computational load. Moreover, the BEM 
can easily deal with an infinite computational domain. In the Stokes flow regime, a flow disturbance due to a 
point force decays as 1/r, where r is the distance; thus a fairly large computational domain must be generated 
to avoid numerical errors resulting from the boundary conditions. In the case of the BEM, however, such 
boundary conditions are automatically satisfied by selecting appropriate kernel functions in the boundary 
integral equation. 

In analyzing the motion of a capsule in a background flow field, we also need an equilibrium equation to 
describe the membrane deformation. The membrane of a RBC is made by a lipid bilayer, and its thickness is 
in the order of 10nm. Thus, it is often assumed as a thin membrane of isotropic hyper-elastic material. By 
using shell mechanics, the membrane equilibrium equation can be given by [82, 83]: 
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where Γ is the Christoffel symbol, b is the curvature vector, q is the transverse tension. In plane tension tensor 
T is related to a strain energy function W as:  
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where A and a are metric tensors, λ1 and λ2 are extension ratios in the principal strain directions, and Js = 
λ1λ2. A RBC membrane has to satisfy the local area incompressibility, because the area of lipid bilayer is 
hardly changed by the viscous force generated by a normal blood stream. Skalak model [84] is well known to 
express appropriately the membrane rheology, which is given by: 
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where Gs is a modulus of elasticity, C is the ratio of two moduli, 22
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The large deformation of a RBC has been simulated using the BEM, representing a field pioneered by 
Pozrikidis [85-89], who performed computations for a capsule of biconcave unstressed shape over an 
extended range of dimensionless shear rates and for a broad range of ratios of internal to external fluid 
viscosities. The membrane used in that study was nearly incompressible and exhibited an elastic response to 
shearing and bending deformation. They clarified the deformation of a cell and the stress exerted on the 
membrane in simple shear and extensional flows, as well as the migration of a cell in a tube flow. 
Nevertheless, some problems remain in these simulations. For example, a capsule of biconcave unstressed 
shape does not show a smooth tank-treading motion because the membrane stiffness is not homogeneous. Lac 
and Barthes-Biesel [83, 90] recently reported that the pre-stress of a membrane is important in the 
deformation of a capsule. It may be that an appropriate pre-stress is essential for simulating RBC motion. 
Future studies are needed to clarify this point. 

Although accounting for membrane pre-stress is difficult in simulating single-cell deformation, another 
challenge exists in modeling the interaction between two RBCs. The cell-cell interaction is not purely a 
hydrodynamic phenomena, and currently, two accepted theories describe the mechanism of aggregation: the 
bridging of two cells by cross-linking molecules [91] and osmotic force generated by the depletion of 
molecules in the intercellular space [92]. Since such biochemical phenomena have not been included in most 
of former studies, a precise aggregation model needs to be established. 

Normal blood has a volume concentration of RBCs of about 40-45%, therefore, blood can be approximated as 
a concentrated suspension of RBCs. As the momentum, energy, and mass transport in blood are strongly 
dependent on the microscopic flow structures, many studies have tried to clarify the RBC motions in blood 
flow. However, numerical simulation of a concentrated suspension of RBCs has not yet been successful by 
the BEM. The main difficulties encountered in this simulation are that the motion of even a single RBC is 
difficult to simulate, the interactions among RBCs have not been precisely modeled, the number of cells 
involved is so great that the computational load is enormous, and lubrication flows in the thin intercellular 
space. Furthermore, the macroscale flow structure due to cell aggregation must be accurately resolved, 
indicating the divergent scale of flow fields to be addressed. Owing to these difficulties, the numerical 
simulation of a concentrated suspension of RBCs is currently one of the most challenging tasks in this field of 
research.  

Immersed boundary method 

Microscale hemodynamics is a fluid-structure interaction problem. A key issue is to couple incompatible 
descriptions of fluid and structural motions; fluid motion is described in Eulerian coordinates, whereas 
structural motion is described in Lagrangian coordinates. An elegant method of fluid-structure coupling is the 
immersed boundary method (IBM) [93]. The IBM was originally developed by Peskin [93] for simulating 



blood flow in the heart, and the method was extended to a front-tracking method by Univerdi and Tryggvason 
[94].  In the IBM, fluids inside and outside capsule are treated as a single-phase fluid.  Here, we assume that 
the fluid motion is governed by the following Navier-Stokes equation: 
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where t is the time, ρ is the density, u is the flow velocity, p is the pressure, µ is the viscosity, and f is the 
force generated by the membrane. The Navier-Stokes equation is solved on fixed Eulerian meshes and the 
motion of the membrane is solved by the Lagrangian procedure.  The force f is only found at the surface of 
the membrane, but in general, the surface is not right on the nodal points of the fluid meshes. To impose the 
no-slip boundary condition at the surface, the surface force must be interpolated at the fluid node. A smoothed 
delta function is often employed to interpolate the surface force: 
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where the notation i represents the fluid node, I is the membrane node, and D is the smoothed delta function. 
The velocity of the membrane node is also interpolated using the smoothed delta function: 
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For discretization of Eq. (7), we can use standard finite difference methods. More detailed description is found 
in [95]. For the motion and deformation of the membrane, the similar methods described in the section 3.1 can 
be used.   

First application of the IBM to microscale hemodynamics was done by Eggleton and Popel [96]. They 
analyzed the deformation of red blood cells in a simple shear flow. Bagchi [97] employed the IBM to simulate 
two-dimensional flow including 2500 red blood cells. Li and Sarkar [98] presented that the IBM provided the 
compared results with those obtained from the BEM for the deformation of capsules in a simple shear flow.   

Finite element formulation of Eq. (7) is also combined with the IBM. Liu and Liu used the immersed finite 
element method (IFEM) [99] to study the aggregation of red blood cells [100].  Using the high-order shape 
function, employed in the reproducing kernel particle method [101], the accuracy in the fluid-structure 
coupling is improved in the IFEM. Recent applications of the IFEM to biological flows were reviewed in 
[102].   

Simulations by the lattice Boltzmann method (LBM) [103] have been also presented recently.  The LBM is a 
kinetic based method and the discretized Boltzmann equation is solved instead of Eq. (7): 
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where i is the velocity direction, φ is the single-particle distribution function, c is the particle velocity, τ is the 
relaxation time, and φeq is the equilibrium distribution function.  From the distribution function (10), the 
density and momentum of fluid are obtained: 
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The LBM with the IBM has been applied to the microscopic flows including deformable capsules [104]. Sui 
et al. [105] employed the multi-block strategy of the LBM to increase the accuracy at the coupling interface 
and efficiently simulated three-dimensional deformation of capsules. While the LBM is a relatively new 



method for flow simulations, even without the IBM, the simple algorithm and efficiency for parallel 
computations should be advantageous features for future simulations as shown in Dupin et al [106]. 

Particle method 

Mesh free particle methods are also suitable for microscale hemodynamics problems.  Consider the continuity 
and Navier-Stokes equations in the Lagrangian description: 
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where D/Dt is the Lagrangian derivative. In the particle methods, both the membrane of capsules and the 
internal and external fluids are represented by the cluster of particles. Note that each particle is not a real fluid 
particles but a discrete point for computation. Fluid variables are calculated at the computational point and it 
is moved by the calculated advection velocity every time step. A major advantage of the particle method is the 
coupling with front-tracking. The particle method tracks the front of membrane using the membrane particles, 
where the velocity of the membrane particles is also given by Eq. (14). The force f is directly imposed to the 
membrane particles, that is, any smoothing (interpolation) methods are not needed. A well known particle 
method is the smoothed particle hydrodynamics (SPH) method [107]. Tanaka and Takano [108] employed 
this method to simulate the tank treading and axial migration of RBCs. Tsubota et al. [11] also simulated the 
motion of RBCs using the moving particle semi-implicit (MPS) method [109]. More recently, Kondo et al. 
[110] and Imai et al. [111] extensively applied this method to model hemodynamics arising malaria infection 
(see Fig. 17)). Because of the flexibility of the particle method, it would be an efficient method when we 
model more complex problems involving biological interactions. 

 

 
Figure 17: A particle model of hemodynamics in malaria infection. 
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