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Study of the Velocity and Strain
Fields in the Flow Through
Prosthetic Heart Valves
A comparative experimental study of the velocity field and the strain field produced
down-stream of biological and mechanical artificial valves is presented. In order to
determine the spatial and temporal distributions of these fields, a phase-locked stereo-
scopic particle image velocimetry (or 3D-PIV) technique was implemented. Emphasis
was placed on the identification of the fundamental differences between the extensional
and the shear components of the strain tensor. The analysis of the characteristic flows
reveal that the strains in every direction may reach high values at different times during
the cardiac cycle. It was found that elevated strain levels persist throughout the cardiac
cycle as a result of all these contributions. Finally, it is suggested that the frequency with
which the strain variations occur at particular instants and locations could be associated
to the cumulative damage process of the blood constituents and should be taken into
account in the overall assessment of existing valve types, as well as in future design
efforts. [DOI: 10.1115/1.4005475]
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1 Introduction

Heart valves that fail to perform their physiological function
correctly can be replaced either by mechanical or biological pros-
thetic valves. Despite the abundant variety of models and their
continuous improvement over the years, current designs are far
from perfection and unresolved questions concerning transvalvu-
lar flows persist [1].

In terms of hemodynamic performance, biological valves are
generally considered to be superior to their mechanical counter-
parts because their thrombogenic potentials are similar to the ones
observed in native human valves [1]. Nevertheless, owing to
calcification processes, tissue overgrowth and leaflet wear, their
durability is limited to about 15 years. Mechanical valves, on the
other hand, last much longer but possess design-related problems
such as highly irregular flows, regurgitation, leakages, and stag-
nated fluid regions, which cause severe blood cell damage and
thrombosis.

Many studies indicate that the elevated shear and turbulent
stresses commonly produced in the transvalvular and downstream
flow regions could induce membrane disintegration (lysis), multi-
ple cell-to-cell collisions, coagulation, unfolding and activation of
platelets and blood factors, as well as aggregate formations [2–5].
In addition, the exposure time to these conditions has been identi-
fied as a critical factor in the damaging and activation processes
[6,7].

The effects produced on platelets by actual flows in artificial
valves were studied by Bluestein et al. [8] who conducted some
in vitro experiments with the Björk-Shiley valve. In a complemen-
tary study the fundamental relation between turbulent stresses and
platelet activation in Carbomedic and Björk-Shiley valves was
surveyed by Yin et al. [9]. Interestingly, however, neither of these
investigations involved experimental evaluations of the particular
flows produced in those valves.

Several current experimental investigations are aimed at pro-
ducing detailed descriptions of the flow field across valves by
recursing to advanced measuring methods such as the Laser
Doppler Anemometry [10,11], or optically based methods that
allow observations with enhanced resolutions. For instance, varia-
tions of the particle image velocimetry (or PIV) technique have
been successfully exploited in the study of jets [12], regurgitations
[13] and high time-resolution velocity profiles [14] in common
mechanical valves. Also, the Reynolds stresses produced by
porcine bioprosthetic valves have been mapped under steady and
pulsatile flow conditions [15,16].

The potential of the 3D-PIV techniques for reconstructing the
spatial structure of the flow field around the valves was illustrated
by Marassi et al. [17] and by Amatya et al. [18]. In the first case a
mechanical bileaflet valve and a pericardium valve were tested in
the presence of pulsatile flows. In the second case a St. Jude
bileaflet prosthesis was tested in a steady flow and an experimen-
tal bileaflet trial model was analyzed in a pulsatile flow. It must
be emphasized that, although the authors provided the spatial
distributions of the flow fields, the strains were not evaluated and
further testing was recommended.

On this account, an evident need to further investigate the spa-
tial and temporal distributions of the velocities and the strains pro-
duced downstream of the artificial valves is identified. The
question about the strains in the transvalvular flow region is of a
fundamental character. Schnider et al. [7] discovered that the von
Willebrand factor (one of the key elements involved in the coagu-
lation process) becomes activated beyond a certain level of the
velocity gradient in a simple shear flow. It must be noted that the
stress levels corresponding to these shears are much lower than
those reported for the activation of platelets or for damaging red
blood cells [7]. Furthermore, in the general case of a complex
flow field, the velocities may change substantially in all direc-
tions; hence, although the threshold level for the activation of the
von Willebrand factor has been identified for the case of simple
shear flow, it is imperative to assess the magnitude of the other
components of the velocity gradient tensor.

It can be argued that certain types of deformations can cause
the von Willebrand factor to become active at even lower
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threshold values if the extensional components are comparable to
the shear components. It has been shown, for instance, that for the
case of droplets the deformation is much larger if the flow is
extensional rather than shearing [19]. In view of this results the
same effect could be expected to be relevant in the case of pro-
teins and other blood constituents.

Therefore, understanding the relative importance of the compo-
nents of the strain tensor becomes crucial. It may finally be noted
that accurate measurements of the velocities, velocity gradients
and stresses are required as inputs by the semiempirical models
used to evaluate the blood damaging potential [4,20–22].

In this context the present work provides a detailed comparative
view of the flow structures produced by biological and mechanical
artificial valves and, thereby, complement previous findings. Two
of the most common mechanical models (St. Jude Medical
and the Björk-Shiley) and two bovine pericardium models (INC-
Mexico) were tested. The focus of the investigation was placed on
the phase-averaged strain distributions and their magnitudes
downstream of the valves. The primary objective was to establish
the relative importance of the extensional and shear components
of the strain tensor. A phase-locked stereoscopic particle image
velocimetry (3D-PIV) technique was implemented to determine
the rapid variation of the velocity fields, and to identify the stag-
nation and agitated flow regions, in order to link them to the cu-
mulative straining history.

2 Experimental Program

2.1 Test Apparatus. Experiments were performed using a
flow circuit based on the Windkessel model which emulates the
basic dynamic characteristics of the human circulatory system
[23,24] (Fig. 1).

A pulsatile pump (Harvard Apparatus 1200 series) was con-
nected, through a check-valve, to a laminarization chamber at the

inlet of the valve support. The cylindrical support for the valves
was made of a transparent (acrylic) tube with an internal diameter
of 50 mm and a length of 300 mm. The prostheses were placed at
one end of the support facing toward a damping chamber which
consisted of a transparent cube with a length of 0.35 m. The
geometrical characteristics of the prostheses used here are sum-
marized in Table 1. In order to reproduce the elastic response of
major arteries to the pulsatile flow, a compliance tank was in-
stalled at the outlet of the test section. The equilibrium pressure
inside the compliance tank was set to 1 atm for the no-flow
condition. The effects of the capillary vessels were simulated by a
needle valve connected between the compliance tank and the
pump.

Pressure transducers were installed upstream of the test section
and on the reservoir (at the same height) to determine the pressure
drops across the valves. It is remarked that the “laminarization”
chamber located upstream of the test section produced a regular
flow field (as indicated by PIV measurements). Therefore, the val-
ues registered by the corresponding transducer were considered to
be reliable reference pressures for the calculation of the overall
pressure drop. The corresponding readings were acquired with a
National Instruments PCI-6010 data acquisition system and
synchronized with the velocimetry measurements.

Water was used as the working fluid because the PIV tech-
nique requires an optically transparent medium. This choice
was further justified from the dynamical point of view, since the
viscosity of the blood flowing through the heart and large ves-
sels is predominantly determined by the blood plasma, which
behaves as a Newtonian fluid. In contrast, non-Newtonian
(shear-thining) effects would be relevant in small vessels,
whence the deformability and concentration of the blood cells
contribute to modify the viscosity [23,25,26]. The parameters
corresponding to the five different flow conditions under consid-
eration are summarized in Table 2. These values are reported in
the calibration certificate of the manufacturer (Harvard Appara-
tus) and an independent verification was carried out in the labo-
ratory to verify that the mean flow rate was indeed given by
hGi¼Vs � f.

It is important to emphasize that the elasticity of the vascular
walls in the arterial tree and the presence of sinus cavities (down-
stream of the valve) were not modeled in our experiment, but
have a definite influence on the overall dynamical development of
the blood flow downstream of a valve (e.g., Ref. [23]). Results
concerning the complex evolution of the flow within these regions

Fig. 1 Components of the flow circuit: (a) pulsatile pump, (b)
laminarization section, (c) test section, (d) compliance cham-
ber, (e) needle valve, (f) valve, (g) upstream pressure trans-
ducer, (h) downstream pressure transducer.

Table 1 Tested prosthetic heart valves and their geometric characteristics: di is the internal di-
ameter, do is the maximum opening diameter and h is the maximum leaflet opening angle. The
prostheses were provided by the Instituto Nacional de Cardiologı́a of Mexico (INC).

Type Design di (cm) do (cm) h (deg)

Stented bioprosthesis 1 (A1, A2) INC-Mexico, Bovine 3.0 1.4 60–90
Stented bioprosthesis 2 (A3) INC-Mexico, Bovine 2.5 1.8 60–90
Bileaflet (B) St. Jude Medical, Regent 2.4 2.1 85
Tilting-disc (monoleaflet) (C) Björk-Shiley, convexo-concave 1.8 1.7 60–70

Table 2 Experimental flow parameters: Vs is the volume
stroke, f is the heart rate (frequency). The systolic fraction indi-
cates the duration of the systole as a percentage of the total
cardiac cycle.

Case Vs (cm3) f (s�1) Systolic fraction (%)

A1 (Bioprosthesis 1) 45 0.4 0.35
A2 (Bioprosthesis 1) 50 0.5 0.35
A3 (Bioprosthesis 2) 90 1.0 0.35
B (Bileaflet) 45 0.4 0.35
C (Monoleaflet) 85 1.2 0.35
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and its relation with valve dynamics and blood damage have been
reported by Dasi et al. [33].

2.2 Measurement Techniques. A stereoscopic particle
image velocimetry (3D-PIV) technique was implemented to quan-
tify the flow field downstream of the valves. The fluid was seeded
with silver coated glass spheres of 50 lm to reflect the pulsed light
from a 0.5 mm thick laser sheet generated with a 532 nm Nd:YAG
Laser. Two Kodak Megaplus ES1.0 CCD cameras, with a
1008� 1016 pixel resolution, were placed at angles that varied in
the range 20 deg to 90 deg in conformity with the typical stereo-
scopic arrangement [17,18]. Interrogation areas of 32� 32 pixels
with a 50% overlap were defined for vector processing and the
time between snapshots ranged from 100 ls to 3000 ls, depending
on the particular moment of the cycle being analyzed. It must be
noted that the spatial resolution of the equipment only allows
accurate measurements of the macroscopic flow structures. In this
context, the size of the PIV tracer particles has no significant
effect on such structures.

The volume of interest was divided by five perpendicular
planes, with respect to the direction of the flow, for cases A1, A2
and B, and by five parallel planes for cases A3 and C (as shown in
Fig. 2). The separation between planes was di/2 mm, where di cor-
responds to the valve’s internal diameter indicated in Table 1. The
operating cycle was evenly divided in 10 time intervals for cases
A1, A2 and B, and in 16 for cases A3 and C (10 partitions for the
opened position and 6 for the closed position, respectively). A
“phase-locking” technique was implemented to produce 250 inde-
pendent measurements of the mean and the fluctuating velocities
for the specified instants along the operating cycle of the valve. In
this manner a phase-average of the velocity field, vi, was obtained
with both spatial and temporal resolution. To further improve the
visualization of the flow, the velocity field was spatially interpo-
lated considering a spline scheme for which Dx¼Dy¼ 1.2 mm.

The phase-averaged velocities were used to evaluate the veloc-
ity gradients

L ¼ @vi

@xj

� �
(1)

where vi and xi represent the velocity and the position oriented
along the “ith” direction, respectively. The strain tensor corre-
sponds to the symmetrical part of the velocity gradient and was
calculated as

D ¼ 1

2

@vi

@xj
þ @vj

@xi

� �
(2)

The extensional and shear strains of the flow field were deter-
mined from Eq. (2) for the prescribed spatial locations and time
intervals. Finally, the magnitude of the strain at the point of inter-
est were evaluated considering

D
��� ��� ¼

ffiffiffiffiffiffiffiffiffiffiffiffiffiffiffiffiffiffiffiffiffiffiffiffiffiffi
1

2

X
i; j

Dij � Dij

s
(3)

2.3 Measurements Uncertainties. The issue of uncertainty
in the measurement of velocity gradients via optical techniques
has been addressed by several authors (e.g., Refs. [27,29], among
others). Since the calculation of these quantities depends on the
spatial derivatives of the measured velocity, their uncertainty
must be assessed. Considering the Kline and McClintock’s proce-
dure (cf. Ref. [28]), the uncertainty in the measurement of the
strain tensor dDij can be calculated as

dDij

hDiji
¼ dU

hUi

� �2

þ dk
hki

� �2
" #1=2

(4)

where hDiji is the measured value of the strain tensor. dU, dk,
hUi, and hki, are the uncertainty and mean value of the velocity
and length, respectively. This expression considers that the uncer-
tainties of hUi and hki are uncorrelated. Considering relative
uncertainties of 4% in both velocity and length, a value of
dDij/hDiji� 5.6% is expected. However, the measurement of
velocity gradients is greatly affected by truncation errors, as dis-
cussed by Ref. [29]. The truncation error, Tij, can be calculated
from the expression proposed by Ref. [27]

Tij ¼ �
1

6

@3ui

@x3
j

ðdxiÞ2 (5)

where the repeated indices do not imply summation. This
expression considers a four point central difference scheme to
obtain the velocity derivatives. In our case we have measured
that (Tij)max/(hUi/hkmaxi)� 0.148, where kmax is the separation
distance in between measuring planes. Following the arguments

Fig. 2 The positions of the measurement planes are indicated by red dotted lines. (left) For
cases A1, A2, and B, the planes are perpendicular with respect to the direction of the flow.
(right) For cases A3 and C the planes are parallel with respect to the direction of the flow. The
separation between planes is given by di/2, with di taken from Table 1 for each valve.
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proposed by Özcan et al. [27], we estimate that the uncertainty of
the measurement is roughly twice the truncation error; hence,
dDij/hDiji� 29%. Although the uncertainty is relatively large,
the variation observed in the mean trends are larger than the
uncertainty level. Therefore, we are confident that the present
measurement gives us a correct trend which is important to deter-
mine the mechanisms of blood trauma. To reduce the uncertainty,

measurements would have to be obtained in more closely spaced
planes; the amount of work that this would imply is unsurmount-
able. We plan to improve the accuracy of measurement in this
type of flows by considering, in the future, the use of a true volu-
metric PIV system such as that used by Amatya et al. [18].

3 Results

3.1 Velocity Fields. The results for the maximum average
velocities are presented in Fig. 3(a). It can be clearly seen that
biological valves produce significantly higher velocities (in the
range 0.6 m/s to 1.25 m/s) than their mechanical counterparts
(�0.3 m/s) for similar nominal conditions. Although all peak val-
ues are attained within the 0.3� t/T� 0.5 interval, the velocity
profile of the tilted disk valve is quite irregular as compared to
other designs.

The structural details of the average velocity fields for valves
A3, B, and C, are shown in Fig. 4. The velocity is normalized in
terms of the (absolute) maximum average velocity, jvjmax; the
adopted color convention is: red for the highest value and blue for
the lowest. In biological valves (top row) a very distinctive axial
jet is formed without secondary circulations near or downstream
of the valve during the operation. In contrast, a bileaflet valve
induces a richer structural organization of the flow field. During
the opening stage two characteristic, high-speed jets are formed at
either side of the valve. These side jets merge with the slower
central flow at t/T� 0.4. Toward the end of the closure process, a
residual flow proceeds downstream in response to the previously
formed eddies. Monoleaflet valves; on the other hand, have non-
zero velocity components even if they are closed. These leakages
perturb the fluid located directly ahead of the valve until the fol-
lowing cycle initiates. Moreover, the asymmetrical jets produced
by this valve type leads to a more complex (coupled) interaction
between the resulting eddies. Such observations are in agreement
with previous investigations [1,10,11].

3.2 Maximum Strain Fields. A comparison of the maximum
strains produced by each valve during the operating cycle is illus-
trated in Fig. 3(b). The values are normalized in terms of a charac-
teristic frequency given by k ¼ jvjmax=do, where do is the opening
diameter of the valve (see Table 1).

Substantially higher strain values were registered for the mono-
leaflet design. The other valves had a similar performance with
the biological model (case A3) producing the lowest value. The
corresponding constant strain surfaces are shown in Fig. 5. Three
constant levels of jDj=k are shown for each valve. Clearly, the bi-
ological valve induced a “well behaved” strain field as illustrated
by the corresponding sequence of images. It is observed that
spatially regular surfaces accompany the central jet during the
aperture. Also, a high strain core evolves (concentrically) down-
stream with its peak value occurring at t/T� 0.38. Toward the end
of the cycle, the low strains observed in the wake of the jet have
completely dissipated.

For the case of the bileaflet prosthesis (St. Jude Medical) the
highest strain values are reached during the aperture at the cores
of the double-jets. With the merging of the jets, a complex bundle
of interacting strain regions is observed. Nonetheless, some regu-
larity still remains in the overall structure. At the mid-cycle
(t/T¼ 0.5) the structure has evolved, in such a way, that alternat-
ing regions of high and low shear stresses may result from the
interacting fluid regions (as suggested by the black band between
the two red and blue regions). The cycle ends rather quickly as
evidenced by the lack of activity near the valve (only the wake
can be seen during this stage).

The monoleaflet valve (Björk-Shiley) showed a significantly
different behavior. A sharp contrast is noted between strain
produced by the monoleaflet and the previous two designs. The
complex flow structure strongly suggests the appearance of turbu-
lentlike eddies throughout the cycle. More relevant is the fact that

Fig. 3 (a) Maximum velocities, (b) Maximum normalized
strains, (c) Maximum normalized pressure drop. All quantities
are phase-averaged.
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very high shear regions are “exposed” to weakly strained regions
(as can be seen at times t/T� 0.45 and 0.55), and that such mixed
regions are widely spread around the valve.

Finally, the pressure losses produced by each valve type are
related to the irregular distribution of the transvalvular stresses.
Thus, their respective pressure drops were computed with

P� ¼ Pdownstream � Pupstream

1
2
qv2

max

(6)

where Pdownstream and Pupstream represent average values, and
1
2
qv2

max is the kinetic energy per unit volume of the flow. The cor-
responding curves are plotted in Fig. 3(c). It is noteworthy that the
transvalvular pressure drop caused by the monoleaflet valve is
much higher than in other cases [Figs. 3(a) and 3(b)].

3.3 Detailed Description of the Strain Fields. The maxi-
mum average strains [Fig. 3(b)] and their corresponding magni-
tudes (Fig. 5) can only provide a limited view of the strains in the

flow field. Nevertheless, deeper insight may be gained from the
analysis of the components of D obtained from the 3D-PIV meas-
urements as discussed later in Sec. 4.2.

All the normalized components of D are shown in Fig. 6 for
each valve type. The cases A1, A2, and A3 involving biological
valves are represented by Figs. 6(a), 6(b) and 6(c), respectively.
The first two plots show the effect of an increase of 39% in the
cardiac output for the same valve type. Not surprisingly, higher
outputs imply higher axial strains (around a 50% variation), even
though the shapes of the curves change only slightly and the peak
value Dyz=k ’ 2:6 is attained at t=T ’ 0:3. However, the ampli-
tude of the extensional component is at least half the size of the
corresponding amplitudes of the two shear components. Interest-
ingly, at higher cardiac outputs (case A3) the opposite behavior
is observed: the extensional component, Dzz, is twice as large as
the shear components Dxz and Dyz and reaches a peak value of
approximately 2.2. The ratio between components remains the
same nonetheless.

The plots in the last two figures correspond to the mechanical
prostheses. Figure 6(d) shows how components other than the

Fig. 4 Velocity fields produced by the selected valves. The first, second and third rows corre-
spond to the biological A3, the bileaflet, and the monoleaflet valves types, respectively. The
images in any given row represent a time sequence for the valve within one period, T, of the
operating cycle. The highest normalized velocities are shown in red and the lowest in blue
according to the color scale at the bottom. Additionally, an insert at the upper right corner of
each image shows the peak velocity, vj jmax, measured at that particular instant of the cardiac
cycle [actual values can be read from Fig. 3(a)]. The photo of the valve at the particular flow con-
dition appear at the bottom of each image.
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axial ones are affected by the presence of the bileaflet obturator.
In particular, components oriented in transverse directions (e.g.,
Dxx or Dxy) become almost as meaningful as the axial components.
Moreover, peak values between 1.5 and 2 are attained by all the
components of D at different times during a major part of the

cycle (Dt� 0.6 T). This is clear evidence of a broader disarrange-
ment of the flow field, whence the direction of the flow ceases to
be so dominant. As a result, a blood cell element laying in this
region would be deformed, twisted and stretched more often along
directions other that do not necessarily coincide with the flow
direction.

The extreme situation is observed with the Björk-Shiley mono-
leaflet valve [Fig. 6(e)]. Very high strain fluctuations are clearly
seen in all directions with several peaks occurring at different
instants. These fluctuations are produced throughout the whole
cardiac cycle, thereby indicating the existence of turbulentlike
eddies. The influence of leakage jets is also significant toward the
end and the beginning of the cycle.

It must be remarked that transversal components of the strain
tensor are now as important as the axial components. For
instance, the peak value of the axial extension is Dzz=k ’ 4:8
(almost twice as much as in all other cases) while Dxy=k ’ 4.
Hence, since a clear distinction between elongation and shear
deformation is no longer possible, a blood component in this
region would be frequently compressed, stretched and twisted,
randomly throughout the entire cardiac cycle. Furthermore,
according to Fig. 5, these fluctuations are conveyed far down-
stream of the valve and could be associated to the cumulative
trauma of such blood constituents.

3.4 Straining Frequency Distributions. To help understand
how frequently would the blood constituents be subjected to
intense strains during the operation of the valve, the average num-
ber of times that a particular value of jDj was registered in the
measuring plane at a given instant, t/T, was counted. These results
are presented in the form of histograms in Fig. 7.

Fig. 5 Shear strain field produced by the selected valves. The first, second and third rows cor-
respond to the biological A3, the bileaflet and the monoleaflet, respectively. The images in any
given row represent a time sequence for the valve within one period, T, of the operating cycle.
The highest normalized shears are shown in yellow and the lowest in red according to the color
scale at the bottom (specific to each valve type). Additionally, an insert at the upper right corner
of each image shows the peak velocity, |v|max, measured at that particular instant of the cardiac
cycle [actual values can be read from Fig. 3(a)]. A photo of the valve at the particular flow condi-
tion appear at the bottom of each image.
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Figure 7(a) shows the occurrence frequency of the shear magni-
tude for the biological prosthesis with an increased cardiac output
(case A2). It is observed that low magnitude values are evenly dis-
tributed along the cardiac cycle with a relatively low number of
occurrences ( f� 5). The highest shears (jDj=k ’ 2) are signifi-

cantly less frequent at t/T� 0.3 with f� 1.5, and are constrained
to a narrow time band of Dt� 0.1 T. This implies a small like-
lihood of having a blood component repeatedly acted upon by
elevated shear stresses.

For the case of the bileaflet artificial valve (St. Jude Medical)
the frequency distribution is shown in Fig. 7(b). Here the situation
is somewhat different because low and intermediate shears occur
much more repeatedly in the interval 0.2< t/T< 0.3. However,
the number of events drops substantially for higher values. As a

matter of fact, shear with normalized values above 2 occur less
than 5 times in the measuring plane at t/T � 0.3, while the highest
shearing peaks rarely take place. It is also pointed out that the
overall duration of the straining process is quite short and has no
effect, whatsoever, for nearly one half of the cycle. On this basis,
it can be surmised that a blood element would be subjected to ele-
vated stresses more often than in the case of a biological valve,
but the damaging potential would only be moderately increased
due to the short duration of the process.

In contrast, the characteristic frequency distribution of the
monoleaflet prosthesis (Björk Shiley) reveals another undesired
feature of this valve type. In this case, very high strains
(jDj=k > 3) are observed to occur at various instants with f� 2,
because the irregular nature of the flow favors a substantial

Fig. 6 Components of the strain tensor measured 10 mm downstream of the tested valves. The
ranges shown in figures (a) Biological A1, (b) Biological A2, (c) Biological A3, and (d) Bileaflet,
is 0 £ Dii /k £ 3. (e) In the corresponding range, Monoleaflet is 0 £ Dii /k £ 6. It is also noted that
the main flow is oriented in the z-direction.
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spreading of the smaller eddies. As a result, any blood element
would be subjected to abrupt shear variations at a given point.
Then, as this element proceeds from one location to another, it
would have to endure the process many more times due to the
wider spatial extension of the fluctuating field (cf. Sec. 3.2). Fur-
thermore, since these magnitude and frequency levels are present
for a larger portion of the cardiac cycle, a greater number of cells,
platelets and blood constituents would be affected. These consid-
erations suggest that all such contributions are directly related to
the cumulative blood trauma history. Under these circumstances
the damage potential of the monoleaflet design is found to be
superior to the damage potential of the other models.

4 Discussion

4.1 Rheological Aspects of Blood Flow Through Large
Vessels. Some issues concerning the behavior of blood in stress
fields are now considered. First, it is important to emphasize that
the rheological response of the blood is mainly influenced by the
prevailing stress conditions and the size of the vessel where it is
flowing. More concretely, blood viscosity has been shown to be
highly dependent on the formation of red blood cell aggregations
(the so-called “RBC rouleaux aggregates”) which are in turn
enhanced, or inhibited, by the transient shearing produced in the
flow field of small vessels (e.g., Refs. [30,31]). RBC’s aggregates
would be formed at rather low stress levels (101–102 mPa) and
would have the effect of reducing the apparent viscosity in order
to facilitate the flow of blood from the capillary to the venous sys-
tem. In contrast, at moderate-to-high stresses the formation of rou-
leaux is inhibited and the viscosity in large vessels is primarily
due to the viscosity of the plasma (which behaves as a Newtonian
fluid). In view of these considerations and the fluctuating charac-
ter of the stresses associated with the strain fields presented in this
study, it could be concluded that even at short length scales (e.g.,
those related to small eddies) the apparent viscosity would not be
substantially modified. It could also be expected that the activa-
tion and damaging processes of the blood constituents would be
initiated by stresses beyond the aggregates’ inhibition threshold
level. Possible interactions and collisions taking place among the
various blood elements would be more likely above this threshold,
as well. It is worth mentioning that the multiphase nature of the
blood must not be ignored because it could promote other impor-
tant effects at the microscopic level. Therefore, a direct extrapola-
tion of the reported values could result in an underestimation of
the actual deformations undergone by elements such as the
erythrocytes.

4.2 Relevance of the Extensional Components. According
to most authors (e.g., Refs. [4–6,8]) blood damage would be
expected to increase in the high strain regions identified in
Sec. 3.2. However, a description based exclusively on maximum
values could be insufficient to adequately assess the damaging
potential of a given prosthesis. For instance, other recent studies
(see for example Refs. [19,32]) also suggest that elongation plays
a fundamental role in the deformation of membranes and capsules
(such as those of blood cells) immersed in flows. Therefore, con-
sidering the relative importance of all the strain tensor compo-
nents is a necessity for this kind of analysis. As evidenced by the
results presented in Sec. 3.3 the elongational effects are as impor-
tant as the purely shearing effects throughout the entire cardiac
cycle. It has also been observed how the elongational components
stretch (or compress) a given blood element, while the shearing
components would not have significant effects at that particular
moment. Within this context it is remarked that these considera-
tions must be made for each particular case. For instance, a blood
element (e.g., red blood cell, von Willebrand factor) in the flow
field produced by a bioprosthesis could be elongated more than it
would be deformed in a shear-wise manner depending on the car-
diac output [see Fig. 6(c)].

If in addition the spatial and temporal variations of each strain
component are considered, an improved description of the blood
damaging potential could be obtained. In order to complement
and relate the damaging potential with the blood trauma history,
the exposure and residence times which are known to be key fac-
tors in the platelet and von Willebrand factor activation processes
(e.g., Refs. [3,5,7]) should also be taken into account.

One final remark should be made concerning the strains in the
fluid. Since the strain tensor components have been described in
terms of a cartesian frame of reference situated at the valve
and oriented in the direction of the flow, the scalar quantity jDj
[cf. Eq. (3)] is used as a measure of the “magnitude” of the strains
instead of the usual tensor invariants, which indicate deformation
states along the principal directions.

Fig. 7 Frequency histograms for the Biological A2 (a), the
Bileaflet (b), and the Monoleaflet (c) prostheses. The frequency
f represents the number of times that a value of jDj=k < 2 occurs
on the measuring plane at time t/T. The color scale spans the
full frequency range, with red indicating the highest values in
each case.
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5 Conclusions

The experimental results obtained in this investigation com-
plement the results of other authors who have previously sur-
veyed the basic structure of the flow field produced by prosthetic
heart valves. A series of experiments were conducted to compare
four typical artificial heart valves: two biological and two
mechanical types (bileaflet and monoleaflet). Stereoscopic PIV
measurements allowed the identification of the velocity fields in
each case and, consequently, all the components of the strain
tensor.

Velocities, shear magnitudes and pressure drops were plotted
for each model in order to identify the basic characteristics of a
satisfactorily performing valve. The velocity field was fully
visualized to show the detailed spatial extension and the temporal
evolution of the corresponding flow structures.

One of the main objectives of the study was to determine the
relative magnitude of the components of the shear tensor through-
out the cycle. The importance of this analysis stems from the fact
that most investigations concerning blood damage involve only
pure shearing conditions. Nonetheless, other studies indicate that
the extensional effects are also relevant in the membrane deforma-
tion process of the capsules and droplets (see for instance Refs.
[19,32]). In the present study it was found that the extensional
components of the strain tensor are as significant as the shear
components, and that their magnitudes become increasingly im-
portant in more agitated flow fields (like the ones produced by the
monoleaflet valve type, for example).

The analysis of the strain components, together with the fre-
quency histograms for the variations of corresponding magni-
tudes, allows a more general description of the blood damaging
potential of each prosthesis. In particular, a connection is
attempted with the cumulative trauma history of the blood
constituents.

In agreement with previous observations, it was found that
biological valves produce a regular velocity field and a com-
pact, low-strength, shearing core that developers for only a
reduced fraction of the cardiac cycle. Thus, regarding the bio-
logical prosthesis as a suitable benchmark, it is concluded that
future designs should tend to produce single central jets (with
peak velocities in the range 6 m/s to 7 m/s) and single compact
shear cores with jDj=k < 2. The development of the ensuing

flow should not induce secondary eddies downstream of the
valve. Moreover, designs with lower damaging potentials would
be characterized by having an approximate ratio of 2:1 between
the elongational and the shear components in the axial direc-
tion. Other components would also have to remain below this
level.
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México (Grant No. 102527) to conduct this investigation.

Nomenclature
D ¼ strain tensor

d0 ¼ aperture diameter
L ¼ velocity gradient
P ¼ pressure
T ¼ cycle period
t ¼ time
v ¼ velocity
x ¼ position coordinate

Greek Symbols

k ¼ characteristic frequency
q ¼ density
s ¼ shear stress

Subscripts

i, j ¼ Rectangular components
max ¼ maximum value

Superscripts

* ¼ dimensionless quantity
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