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Abstract This paper presents some ideas for the membrane

thickness design of of implantable bio-micro-electro-

mechanical systems (bio-MEMS) for the in situ monitor-

ing of blood flow. The objective is to develop a smart

wireless sensing unit for non-invasive early stenosis detec-

tion in heart bypass grafts. The design includes considera-

tions of nonlinear material models, multiscale blood flows,

and appropriate analyical models for data interpretation, as

well as preliminary studies of the pressure and flow sensing

concepts. The paper also examines the use of surface coat-

ings for the design on biocompatibility and non-adhesion of

blood platelets and constituents. The implications of the re-

sults are discussed for in vivo deployment of such sensor

systems.
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Introduction

Stenosis is the narrowing, stiffening, thickening, fusion, or

blockage of a blood vessel. It is usually caused by fatty plaque

buildup, and it can be an extremely serious problem partic-

ularly when the stenosis occurs in the blood vessels around

the heart. A common procedure to treat stenotic heart ar-

teries is coronary bypass surgery, which involves bypass-

ing the blocked arteries by attaching another blood vessel

proximal and distal to the blockage. In most cases, grafts

(arteries or veins from another part of the body) are used to

reroute the blood. Unfortunately, narrowing of the blood ves-

sel used as a bypass graft is a common problem. Such stenosis

can happen immediately after the surgery due to thrombosis

(blood clot) triggered by tissue trauma, or within three to six

months following the surgery due to tissue growth at the site

of the treatment [1]. Stenosis can also occur due to recur-

rent atherosclerosis, the same reason that led to the original

artery blockage. According to the report presented in [2],

20–30% of the bypass patients require another bypass within

10 years. Thus, surveillance methods are needed to detect

stenosis and to prevent impending graft failure. Currently,

available surveillance methods include catheter angiography

(X-ray examination of the blood vessel by passing a catheter

through an artery leading to the area of interest), and other

less invasive methods such as computer tomography (CT)

angiography, magnetic resonance (MR) angiography, and

duplex ultrasound (combined Doppler and conventional ul-

trasound measure of the blood flow). However, these meth-

ods are either invasive, expensive, or operator dependent. In

addition, they are not appropriate for extended monitoring

of the grafts. The ultimate aim of the present study is to de-

velop wireless bio-MEMS sensors for continual monitoring
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of blood flow in situ which can be easily implanted during

bypass surgery. The four specific goals of this work are:� Develop a fluid model to estimate the degree of stenosis

based on sensor readings.� Develop a material model to investigate the effect of fatty

plaque buildup and vessel wall characteristics on pressure

measurements.� Develop guidelines for the introduction of biocompatible

surface coatings that will also resist adhesion of blood

constituents.� Investigate the feasibility of in vivo deployment of the

proposed sensing unit.� Develop guidelines for the design of an implantable

bio-MEMS pressure sensor that is able to simultaneously

satisfy sensitivity, biocompatibility, durability, and relia-

bility requirements.

Fluid model

In the past five decades, the concept of “critical stenosis” has

been widely adopted [3]. This implies that the blood flow rate

may not significantly vary in a stenotic vessel until it reaches

a critical state, i.e., 69–95% [4]. However, medical treatment

will be too late when the “critical stenosis” is reached. On the

other hand, other flow characteristics, including flow separa-

tion, pressure drop, and wall shear stresses, are much more

sensitive to development of even mild stenosis. Thus, much

of the past theoretical research focused on determining these

detailed flow characteristics.

In May et al. [4], a simplified equation was developed to

estimate the pressure drop across a stenosis by idealizing the

geometry as a combination of sudden contraction, Poiseuille

flow through a narrowed lumen, and a sudden expansion.

The flow was assumed to be steady and non-pulsatile. Later,

Young et al. [5] modified the pressure drop equation by con-

sidering the effects of stenosis size and shape, turbulence,

and fluid acceleration via empirically derived coefficients.

Based on the experimental data, Young et al. [5] found that

the mean pressure drop generally increased while the flow

rate decreased as the stenosis increased in severity.

Since the early 1970’s, computational fluid dynamics

(CFD) models were also developed to investigate flow char-

acteristics in idealized stenotic arteries (for early examples,

see [5–12]). Recent examples include the works of Tu et al.

[11], Dvinsky and Ojha [13], Tu and Deville [14], Ghalichi

et al. [15], Bluestein et al. [16], Tura and Cavalcanti [17],

Mallinger and Drikakis [18], Varghese and Frankel [19],

Guotao et al. [20], which considered the effects of pul-

satile inflow, non-Newtonian blood flow, and turbulence.

Most recently, the effects of fluid-structure interactions have

also been considered by Tang et al. [21] and Moayeri and

Zendehbudi [22]. However, most of these models focused

on determining pressure and flow field for a given steno-

sis geometry. In this work, the objective is to estimate the

percentage stenosis based on limited pressure and flow mea-

surements from implanted bio-MEMS sensors. An axisym-

metric CFD model is developed to serve as a “virtual testing

device” to simulate the pressure drop across varying degree

of stenosis. A simplified equation based on coefficients de-

rived from the numerical simulations is then developed to

relate the sensor readings to the degree of stenosis. Details of

the flow solver and the formulation of the simplified equation

are given below.

Axisymmetric CFD model

The blood flow through a stenotic vessel is assumed to be lam-

inar, incompressible, axisymmetric, and Newtonian, which

has been shown to yield satisfactory estimates of the global

flow characteristics; for example, see [6, 7, 9, 23–25]. The

non-dimensionalized governing equation can be written as:
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and the non-dimensional variables are defined as:

r = r∗

R
; x = r∗

R
; u = u∗

U0

; v = v∗

U0

; ω = ω∗

U0/R
;

ψ = ψ∗

U0 R2
; p = p∗

ρU 2
0

; Re = ρU0 R

μ
; t = t∗

R/U0

(4)

x and r are the axial and radial coordinates, respectively; u
and v are the axial and radial velocity components, respec-

tively; ρ is the blood density; U0 is the peak inflow velocity;

R is the inner radius of the blood vessel; and μ is the dynamic

viscosity.

Defining p as the static pressure, the total pressure P ≡
p + 1

2
(u2 + v2) can be expressed as a function of the velocity
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Fig. 1 Geometries of stenosis

and vorticity:

∂ P

∂x
= vω − 1

Re

(
ω

r
+ ∂ω

∂r

)
. (5)

Applying the no slip condition, the pressure on the wall can be

obtained by integrating the following differential equation:

∂ P

∂x
= − 1

Re

(
ω

r
+ ∂ω

∂r

)
. (6)

Following the work of Young and Tsai [7] , the geometry

of stenosis is assumed to be axisymmetric, and is described

by the following equation:

r (x) = 1 − a

2

[
1 + cos

(
πx

x0

)]
; (−x0 ≤ x ≤ x0)

(7)

r (x) = 1; (|x | ≥ x0).

A graphical depiction of the model geometry is shown in

Fig. 1. A parabolic velocity profile is assumed at the inflow

boundary. The axisymmetric flow condition is applied at the

centerline, and the no-slip condition is applied at the ves-

sel wall. The second derivatives of the stream function and

vorticity are assumed to be zero at the outflow boundary.

To validate the model, the numerical predictions are com-

pared with numerical predictions presented in [9] and exper-

imental measurements presented by Young and Tsai [7]. The

predicted stream functions and vorticity contours for model

M1 (α = 24, β = 56%, Re = 100) are shown in Figs. 2 and

3, respectively, both of which compared well with predictions

obtained by Deshpande et al. [9]. As shown in Fig. 4, the pre-

dicted pressure drop as a function of the Reynolds number

also compared well with experimental measurements pre-

sented by Young and Tsai [7].

The objective of the axisymmetric CFD solver is to simu-

late blood flow across varying degrees of stenosis to develop

a simplified relationship between the percentage stenosis and

pressure drop across two fixed bio-MEMS sensors. An ex-

ample of the predicted pressure profile for varying degree

of stenosis is shown in Fig. 5. The throat of the stenosis is

located at x = 0. The length (x0) to thickness (a) ratio of the

stenosis, α ≡ x0/a, is assumed to be 10, and the percentage

stenosis, β, is defined as:

β ≡ A0 − A1

A0

× 100% (8)

Fig. 2 Stream function contours for model M1, Re = 100

VORT: 0 0.25 1 1.5 2 3 5

Fig. 3 Vorticity contours for

model M1, Re = 100
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Fig. 4 Comparison between

numerical results and

experimental measurements in

[7] (Model M1)

Fig. 5 Pressure profile at the

wall for varying degree of

stenosis (α ≡ x0

a = 10)

where A0 = π R2 is the unobstructed area and A1 = π (R −
a)2 is the throat area as shown in Fig. 1. As expected, the

pressure drop increases with the percentage stenosis, and the

slope downstream of the flow reattachment point recovers to

the value that corresponds to Poiseuille flow.

Simplified pressure equation

The objective of the simplified pressure equation is to relate

the difference in pressure readings between two fixed sen-

sors and the percentage stenosis. The wireless bio-MEMS

sensors can be implanted on the interior surface at the two

ends of the vessel with a wireless magneto-hydrodynamic

flow sensor to continuously monitor blood flow in situ.
A schematic diagram showing the placement of the sen-

sors is shown in Fig. 1. The objective is to provide early

detection and warning of stenosis, which can often occur

due to thrombosis, excessive tissue growth, or recurrent

atherosclerosis.

Denoting the pressure at the upstream and downstream

sensors as p1 and p2, respectively, the pressure drop across

the two sensors, 	p ≡ p2 − p1, can be decomposed into two

parts:

	p = 	pv + 	pt , (9)
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Fig. 6 Dependence of viscous

coefficient on length ratio

where 	ps is the pressure loss due to viscosity and 	pt is

the pressure loss due to turbulence.

Following the work of Young [3], 	pv can be expressed in

terms of the viscous coefficient, Kv,and	pt can be expressed

in terms of the turbulence coefficient, Kt:

	pv = Kv

Re
, (10)

	pt = Kt

2

(
A0

A1

− 1

)2

. (11)

It should be noted that the unsteady effect due to the fluid

acceleration has been neglected in (9). Based on studies pre-

sented by Young [3], the unsteady effect is proportional to

the rate of change of the mean velocity. Thus, Eq. (9) is valid

if the time-averaged (over each flow cycle) pressure and flow

readings are used.

Since the geometry of the stenosis is generally smooth

(i.e. no abrupt corners or sudden geometric discontinuities),

Kt can be assumed to be 0.9 for most cases [7]. Combining

Eqs. (9), (10), and (11), Kv can be written as:

Kv = Re

[
	p − 0.45

(
A0

A1

− 1

)2
]

. (12)

For a parabolic inflow velocity profile, Kv can be shown

to be a fourth order function of the area ratio, γ ≡
√

A0

A1
:

Kv =
4∑

i=0

kiγ
i , (13)

where ki is the i th coefficient of the 4th order polynomial for

Kv.

By performing a series of numerical simulations using the

developed axisymmetric CFD solver for varying degree of

stenosis, the coefficients, ki , can be extracted using least-

square fit. Assuming the length to thickness ratio (α ≡ x0/a)

of the stenosis to be 10, the simulated values from the CFD

solver and the best fit curve of Kv for varying γ is shown in

Fig. 6. The resulting fourth-order polynomial for Kv is:

Kv =504.6+ 24.13γ − 67.5γ 2+ 0.16γ 3+ 42.28γ 4. (14)

Combining Eqs. (9), (10), (11), and (13), the following

relationship between 	p and γ can be obtained:

	p =
4∑

i=0

piγ
i . (15)

Thus, for a given p1 (pressure at the upstream sensor), p2

(pressure at the downstream sensor), and Q (flow rate), the

degree of stenosis,β ≡ A0−A1

A0
× 100%, can be determined by

evaluating the root of Eq. (15). In other words, this equation

can be used to interpret the percentage stenosis based on in
situ sensor readings. To verify Eq. (15), in vitro testing can

be conducted. For in vivo deployment, Eq. (15) should be

modified to include the dependence of the flow rate on the

degree of stenosis and the fluid-structure interaction between

the flow and elastic motion of the arteries. Both effects are

discuss in detail in the next section. Methodologies to include

these two effects are also discussed.
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Material model

The bio-MEMS pressure sensor should be implanted on the

interior surface of the vessels to provide maximum sensi-

tivity to changes in pressure due to early stenosis formation.

However, it is possible that the sensor may itself become cov-

ered with an atheromic plaque. The utility of an implanted

pressure sensor will depend upon the ability to diagnose accu-

rately the formation of atherosclerotic plaques on the sensors

themselves. Hence, a simplified material model is developed

to investigate the sensitivity of the pressure measurements

when obstructed by plaque formation.

Formulation

The artherosclerotic artery is idealized as a set of nested

cylinders (shown in Fig. 7) with a pressure sensor placed

at the interface between the aterial wall and the athero-

mous plaque. In past numerical studies, most models as-

sumed the arteries to behave as membranes (see Fung [26]),

thus ignoring the stress distribution across the thickness of

the arterial wall. However, this radial stress distribution is

the most important parameter that influences the pressure

felt by a sensor at the interface between the artery and

the atherosclerotic plaque. In the current work, the cross-

section of the artery is assumed to be axisymmetric, and

the axial stress, σxx ,is assumed to be zero, thus reducing

the problem to one-dimension. In addition, two important

simplifications are made: first, the viscous properties of the

plaque and artery are ignored; second, the stress through the

plaque and artery is assumed to be zero when the internal

pressure is zero.

The artery is assumed to be subject to an internal pressure

p, and zero external pressure. The radial stress σrr and the

circumferential stress σθθ vary with the radial position r . The

artery
wallinternal

pressure
p

sensor

plaque

external pressure = 0 

Fig. 7 Sketch of the idealised artery with sclerotic plaque

axisymmetric equilibrium equation in polar coordinates is:

σθθ = σrr + r
∂σrr

∂r
. (16)

where the radial and circumferential strains, εrr and εθθ , re-

spectively, are defined as:

εrr = ∂ur

∂r
and εθθ = ur

r
(17)

and ur is the radial displacement.

The relationship between stress and strain is assumed to

be nonlinear, and is of the form σ = σ (ε). The discretized

first-order approximation of the radial and circumferential

stresses can be expressed as follows:

σ t+1
rr = σ t

rr + Et
r	εt

rr (18)

σ t+1
θθ = σ t

θθ + Et
θ	εt

θθ (19)

where the superscripted t denotes the step number. The strain-

dependent tangential Young’s moduli in the radial direction,

Er , and the circumferential direction, Eθ , are extracted from

the stress-strain relations for the plaque and the artery wall.

The governing equations are then solved incrementally using

the linearized constitutive law. This model has been validated

with analytical solutions for an isotropic elastic cylinder and

a cylinder composed of two nested isotropic materials. At

the material discontinuity between the plaque and the artery

wall, there is a small numerical oscillation of magnitude ap-

proximately 1% of the total pressure variation through the

plaque and arterial wall. This oscillation was determined to

be negligible and hence has not been suppressed by the ad-

dition of artificial numerical viscosity.

Material constitutive relations

Both the atheroma and the arterial wall are idealized as

non-linear anisotropic elastic media, with constant properties

through their thicknesses. Only the radial and circumferen-

tial stresses are considered because plane stress is assumed.

Biaxiality of the loading is ignored, principally due to the

lack of biaxial material data for the radial—circumferential

interaction; this is equivalent to setting the Poisson’s ratio

νrθ = 0.

The importance of the mechanical properties of arterial tis-

sue has long been recognized and has been measured since

the latter part of the nineteenth century [27]. Bergel [28]

systematically addressed mechanical testing of arteries, and

pointed out that both the nonlinearity of the stress-strain rela-

tion, and the variation in mechanical properties between dif-

ferent arteries and subjects. Patel et al. [29] provided some

of the only multiaxial through-thickness compressive data
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available, although their work was on canines. A number of

authors have examined the progression of the stiffness of a

plaque through time as high-cholesterol diets were fed to

animals, but treated the stress-strain relation as linear; see

Castle and Gow [30], Gow et al. [31], or Matsumoto et al.

[32]. The nonlinear data supplied by Loree et al. [33] for the

circumferential moduli of plaques and arteries is inconsis-

tent with other reported data, being approximately on order

of magnitude stiffer. Fung [26] provides extensive nonlinear

data on the variation on arterial material properties in dogs,

but not in humans. Hayashi and Imai [34] reports on a finite

element model of the stresses in an artery affected by athero-

matous plaque. They measure useful nonlinear material prop-

erties, but model the artery and plaque as isotropic. Salunke

and Topoleski [35] review the existing literature and con-

cluded that the material properties of atherosclerotic plaque

are poorly characterized. In summary, there is a general lack

of reliable and consistent data for the constitutive laws for

both the arterial wall and the sclerotic plaque, the reasons

being:

1. There is a wide range of material properties even for the

same biological structure for the same subject. For exam-

ple, Fig. 8.2:2 in Fung [26] shows the large variability of

material properties in a single aorta with the location from

which the sample was taken.

2. There are substantial histological differences between the

same structure in different test subjects, and in the same

subject at different times. Atherosclerotic plaques, for ex-

ample, progress over time from relatively com pliant non-

fibrous plaques to stiffer fibrous plaques, and finally to

calcified plaques which are the stiffest of the three; see

Lee et al. [36].

3. Different authors have used a variety of test methods and

data reduction techniques to measure the same property,

often arriving at very different results; see Hayashi [37].

4. The size of the available specimens has prevented the mea-

surement of the most salient data, and an alternate mea-

surement has been substituted. For example, Patel et al.

[29] did not have the capacity to measure the radial strain

in compression and had to infer it from other tests.

5. In some instances, the authors have treated the materials as

linear elastic, and hence characterised by a single modulus

of elasticity; see Castle and Gow [30] or Lee et al. [38].

This is clearly inadequate.

6. The measured properties have been for stress states far

outside the normal physiological conditions; see Loree

et al. [33] or Topoleski and Salunke [39].

These deficiencies exist for both the arterial wall and for

the atherosclerotic plaque, but are particularly severe in the

case of the plaque. In this work, the data for non-fibrous

(or cellular) plaques is employed, as these are the earliest

morphology of plaque and hence the first to have an impact

upon sensor operation. The material data from Lee et al.

[38] is used for the radial properties of the plaque, and from

Hayashi and Imai [34] is used for the circumferential prop-

erties. Similarly, the data from Patel et al. [29] is used for

the radial properties of the arterial wall, and from Hayashi

and Imai [34] for the circumferential properties. The result-

ing four stress-strain curves are shown in Fig. 8. Both tensile

and compressive stresses and strains are shown as positive

to fit all the data into one quadrant. Note that the data from

Lee et al. [38] for the radial properties of the plaque is lim-

ited to a single modulus of elasticity; following Fung [26]

a non-linear region was assumed below 20 kPa in order to

reduce the material discontinuites at low stresses and permit

numerical convergence. Further, note that the radial arterial

properties of Patel et al. [29] are taken from data for canines.

Some human data is available in literature, but is limited to

single value moduli of elasticity. A significant contribution

to the literature can be made by performing accurate and
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the radial properties are for

compression but are shown as

positive to retain all data in one
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consistent measurements of the biaxial constitutive law for

the arterial wall and the atherosclerotic plaque.

Results

To show the effect of a plaque progessively covering an in
vivo pressure sensor, the variation in stress through the thick-

ness of the plaque and artery, and at the surface of the artery

for varying thicknesses of plaque growth, is shown in Fig. 9.

The data in the figure correspond to a constant internal ar-

terial pressure of 16 kPa for a 1 mm thick artery of 2 mm

internal radius. The value of the pressure reading for a sensor

located at the interface between the plaque and arterial wall,

again for a constant internal pressure of 16 kPa, is given in

the inset to Fig. 9. Note that the 1 mm plaque represents a

75% loss of arterial area. The reduction in pressure at the

sensor is a slightly non-linear function of the thickness of the

overlying plaque for this range of plaque thicknesses.

The deformation of the artery increases with the internal

pressure. Figure 10 shows the external radius of an artery with

initial unpressurized 2 mm inner radius and 3 mm external

radius, subject to increasing internal pressure, for a selection
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Fig. 9 Distribution of radial

stress through the thickness of

the plaque and arterial wall for

various thicknesses of

atheromous plaque on a 1 mm

thick artery with 2 mm internal

radius. The inset shows the

radial stress at the interface

between the plaque and the

arterial wall
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Fig. 11 Time—pressure

relation for an arterial graft near

the aorta for unobstructed

arteries and for increasing

obstruction by atheromous

plaque

of plaque thicknesses. The hydraulic consequences of the

expansion of the artery under pressure are an increase in flow

for the same inlet pressure, and a reduction in the energy loss

due to wall friction. Note that this model exaggerates the total

change in the radius of the artery; the initial radius is taken for

the zero pressure state, while for a natural artery the diastolic

pressure would not drop below approximately 6 kPa. As the

plaque thickness increases, the total deformation decreases,

as expected.

Figure 11 shows the time—pressure curve for an unob-

structed aorta over one heart beat; these data are taken from

Fung [40]. A bypass graft typically leads to the heart from

the aorta or a blood vessel near the aorta, and hence the aortic

pressure can be taken as a good approximation to the actual

pressure in the bypass graft. The time—pressure relations

of pressure readings by sensors obstructed by atheromous

plaque of several thicknesses are given in the same figure.

Clearly the pressure sensor provides intelligible data despite

obstruction by growing plaque.

Biocompatibility and bio-MEMS pressure
sensing/reliability

The actual sensing of the local pressure in the blood ves-

sel can be done using bio-MEMS (micro-electro-mechanical

systems) pressure sensors [41, 42], similar to those shown in

Fig. 12. A wide range of such sensors has been developed

for the measurement of the blood pressure [41–43]. How-

ever, these are typically fabricated from silicon, which is not

the most biocompatible material for long term use in the hu-

man body. There is, therefore, the need to develop coatings

that can be used to improve the biocompatibility and long

Fig. 12 A MEMS pressure sensor

term performance of implantable bio-MEMS pressure sen-

sors. There is also a need to consider the sensing capability

of possible sensor configurations that could be used to mea-

sure blood pressure in-situ. This section discusses the use

of diaphragm sensors in the in situ measurement of blood

pressure. It also examines the potential use of titanium and

glycalyx layers in the coating of silicon for improved bio-

compatibility and the design of non-adhesion.

Pressure sensing

In this work, the use of implantable diaphragm sensors in the

measurement of blood pressure is investigated. These sen-

sors were first proposed about two decades ago [42], and

have been used recently in the in situ monitoring of blood

pressure in animals [43]. An example of a blood pressure

sensor is presented in Fig. 12. This consists of a silicon

bio-MEMS substrate with a thin layer of piezoelectric mate-

rial. The membrane deflects due to the application of pres-

sure, and the deflection gives rise to a wireless receiver at a
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local or remote site [43]. In this way, the possible onset of

stenosis and restenosis can be detected using an implantable

pressure sensor.

The mechanics of sensing relies strongly on membrane

mechanics. For a circular diaphragm mounted on an O-ring,

the maximum deflection, δ, of the membrane is given by

Timoshenko [44]:

δ = Pa4(5 + ν)

64D(1 + ν)
, (20)

where P is the pressure on the membrane, ν is the Poissons

ratio, and a is the radius of the membrane. The variable D is

given by:

D = Et3

12(1 − ν2)
, (21)

where t is the membrane thickness and E is the Young’s

modulus of the silicon layer. For silicon bio-MEMS, typical

values of E are between 150 GPa and 220 GPa [45, 46]. The

variability is due largely to variables in micro-texture [46]

arising from differences in bio-MEMS fabrication schemes.

In any case, an average Young’s modulus of 175 GPa can be

used for design estimates. For silicon bio-MEMS thin films,

typical values of film thickness are in the range between

1 μm and 20 μm [41, 42]. Hence, Eqs. (20) and (21) can be

combined to develop some criteria for bio-MEMS pressure

sensing. Predictions of diaphragm deflection are presented

in Fig. 13 for a range of clinically relevant pressures. These

show that, for a 1 mm diameter pressure sensor, detectable

deflections exist for normal biological pressures provided the

membrane is less than approximately 20 μm thick. The trans-

duced pressures can be converted to voltage output through

the use of system functions that relate voltage output to pres-

sure or membrane deflection.

It is important to note here that the optimal membrane

thickness will depend on a complex range of parameters such

as residual stresses and surface stresses arising from titanium

coatings and protein absorption/interactions. These are diffi-

cult to quantify in the absence of experimental measurements

and reliable theoretical models for the accurate prediction of

such stresses. Hence, further experimental work is needed

to establish the residual stresses and internal stresses that

can affect the membrane deformation in actual bio-MEMS

scenarios that are relevant to pressure detection. These are

clearly beyond the scope of the current work.

bio-MEMS reliability

The maximum moment, Mmax, and the maximum bending

stress, σmax, are also given respectively by:

Mmax = Pa2(3tν)

16
(22)

σmax = 6Mmax

t2
. (23)

Since silicon has been shown to exhibit susceptibility to fail-

ure [47–52], the design objective should be to fabricate struc-

tures with stresses below the endurance limit, σe. Since there

is no existing data for poly silicon bio-MEMS in biomedical

environments, a further knock-down factor, α, must be ap-

plied to the design of reliable silicon pressure sensors. This

gives the fatigue design condition as:

σmax <
σe

α
, (24)

where α should be a number that is greater than 1.
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It is interesting to note that the need for improved sen-

sitivity suggests a thinner deflecting membrane, while the

need for reliability suggests the need for a thicker substrate.

Hence, the optimum design condition is the thickness that

optimizes the deflection and the stresses in the membrane

within the constraints implied by Eqs. (20) and (24).

Biocompatibility and adhesion/non-adhesion

One of the major obstacles to the use of long-term silicon in

the body is the issue of biocompatibility and adhesion/non-

adhesion [46, 53, 54]. The issue of biocompatibility has been

studied by a number of investigators [46, 53, 54]. Some stud-

ies suggest adequate biocompatibility, while others suggest

otherwise [54]. In any case, silicon is among the materials

that can elicit cytotoxic response in the body. Hence, there

is the need to consider the coating of silicon with biocom-

patible materials. Three approaches are considered in this

paper.

Since titanium is one of the metals that have been shown to

elicit no cytotoxic responses in the human body, the first ap-

proach involves the use of nano-scale titanium coatings in the

improvement of the biocompatibility of silicon surfaces. This

is considered in detail in a companion paper in this special

issue [54]. This paper suggests that nano-scale Ti coatings

with thicknesses of approximately 50 nm are sufficient to

promote cell spreading and adhesion that is comparable to

that observed on titanium surfaces [54]. However, the long

term stability and corrosion behavior of these layers is yet to

be studied in biological environments that simulate the be-

havior of body fluids. Nevertheless, the pasivating nature of

surface oxide films on silicon and titanium surfaces suggests

that the films should be durable in the chemically aggressive

environment in the human body.

The second possible approach involves the use of poly-

meric layers, such as glycocalyx (see Fig. 14), as coatings on

silicon. These have the advantages of being biocompatible.

Glycocalyx is also known to reduce the adhesion of blood

platelets to blood vessels. This is critical for the design of

blood flow and platelet/surface interactions. However, the

long term stability of glycocalyx and polymeric coatings is

unclear. There may, therefore, be a need to engineer self heal-

ing polymeric layers that can replenish themselves over time.

These are clearly challenges for future work.

The third approach is a combination of the first and the

second approaches. The titanium coatings could then pro-

vide improved biocompatibility and corrosion resistance,

while the upper polymeric or glycocalyx layers provide non-

stick surfaces that do not adhere to blood platelets. These

can be conjugated directly to amine groups that are at-

tached to titanium surfaces using chemistry described in

Milburn et al. [54].

Fig. 14 Glycocalyx layer at cell surface

Implications/Conclusions

This paper presents analysis and ideas required for the design

of implantable bio-MEMS pressure sensors. These include

considerations of fluid flow, solid deformation and materials

science associated with blood flow, deformation of fatty lay-

ers and blood vessels, biocompatibility, and the reliable sens-

ing of blood pressure. A summary of the work is presented

below along with salient conclusions arising from this study.� The developed pressure equation provides a convenient

method of estimating the degree of stenosis based on in situ
pressure and flow measurements. However, two important

effects are ignored in the current model: the dependence

of the flow rate on the degree of stenosis and the fluid-

structure interaction between the flow and elastic motion

of the arteries. The change in flow rate through the graft

due to the presence of the stenosis can be calculated either

by modelling the system as a parallel circuit, or by assum-

ing a constant energy loss through the graft branch of the

circulatory system. The effect of fluid-structure interaction

can be included by coupling the current CFD model with

the axisymmetric material model.� In the early stages of plaque formation, an in vivo blood

pressure sensor will continue to measure blood pressure

with some error in the reading due to the presence of the

plaque. As the plaque thickens and stiffens over time, these

measurements will become more unreliable. By coupling

these measurements with additional data, such as from

a flow sensor, diagnostic capabilities are significantly in-

creased. The flow model discussed above can be used to

determine the flow rates in the presence of various sizes of

stenosis. These flow rates, coupled with the pressure data

from the CFD model, can be used in conjunction with the

pressure sensor and flow rate measurements to determine

the actual degree of blockage in the stenosed graft.
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face layers provide a robust platform for the design of im-

plantable bio-MEMS sensors for the in-situ monitoring of

blood flow. The sensors can be designed against fatigue

by ensuring that their maximum stresses are below the fa-

tigue endurance limits. The optimum structural thickness

maximizes the pressure sensitivity without increasing the

maximum the maximum membrane stresses above a fa-

tigue design stress.� The biocompatibility of silicon bio-MEMS structures can

be improved by the use of nanoscale metallic titanium lay-

ers or polymeric layers such as glycocalyx. The nanoscale

titanium layers promote improved biocompatibility and

cell adhesion, while the glycocalyx layers can be used to

tune the non-adhesion to blood platelets and the multiple

constituents of blood. The combined use of nanoscale ti-

tanium coatings and glycocalyx layers is recommended

for improved biocompatibility and non-adhesion of blood

constituents.

While these models are simplifications of the actual com-

plex behaviour of the blood flow, the visco-elastic behaviour

of the stenosed artery, and the operation of the sensor, they

demonstrate that bio-MEMS pressure sensors are legitimate

candidates for use as in vivo blood pressure monitors. For a

complete system to monitor the condition of a heart bypass

graft, a magnetohydrodynamic (MHD) flow meter is also

being developed. The MHD meter will consist of a pair of

magnets and a set of electrodes oriented orthogonally around

the exterior of the blood vessel. Voltage signals due to the

MHD displacement current can be detected and interpreted

to find flow rates in the graft. Coupled with a wireless trans-

mitter, these sensors offer the possibility of long-term in vivo
monitoring of bypass graft performance.
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