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Definition: The displacement micropump with passive check valves is an attractive solution for
precise insulin infusion in patients with type I diabetes. Unlike most insulin pumps that push
insulin from a cartridge using a piston, a displacement micropump will first pull insulin from the
reservoir before infusing it into the patient. This dual sequence introduces new challenges in terms of
insulin stability, notably if the reservoir is not pressurized. After an introduction to displacement
micropumps and a brief review of the insulin degradation mechanism, micropump design rules are
discussed in light of microfluidic theory.
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1. Introduction

Diabetes is a chronic metabolic disorder characterized by high blood sugar levels that
cause serious damage over time. Type 1 diabetes, also called insulin-dependent diabetes, is
a condition in which little or no insulin is produced by the beta-cells of the pancreas. Daily
administration of insulin is essential to the survival of people with type 1 diabetes.

Traditionally, insulin is administered by subcutaneous injection using an insulin sy-
ringe or pen. Advanced insulin delivery systems include patch pumps which administer
fast-acting insulin 24 h a day to meet the body’s needs, via a fine cannula placed subcu-
taneously. Continuous subcutaneous insulin infusion (CSII) has proven to be effective in
diabetes care [1–7]. These programmable pumps can deliver both basal and bolus doses of
insulin. Basal insulin delivery rates are programmed by the physician to meet individual
patient needs. Insulin pumps can also deliver bolus insulin to minimize blood glucose
deviations after meals. The recent improvement in blood glucose meter accuracy enabled
closing the loop thanks to specific algorithms and wireless communication between a contin-
uous glucose meter and the delivery system for one (insulin) or two hormones (insulin and
glucagon) [8–12]. Most commercially available insulin pumps feature a piston mechanism
connected either to an insulin infusion device or to a cannula patch and occlusion detec-
tion system [13–15]. The accuracy of bolus and basal rate delivery, in nominal conditions,
showed globally good results in agreement with the manufacturers’ specifications [16,17].
Larger deviations are observed at short observation windows (typically less than 1h in basal
rate), due to the inherent noise induced by the pumping engine itself and the so-called
stick–slip effect of the piston against the internal wall of the insulin container [18–20].
Other insulin pump designs have been studied to improve short-term variability of insulin
delivery and shorten occlusion detection time [21–24]. Indeed, insulin delivery systems are
designed to detect occlusion, which consists of a partial or complete blockage of insulin
delivery, by monitoring the in-line pressure. Occlusion detection is crucial to maintain the
blood glucose level in an acceptable range [25]. However, despite improvements in the
catheter design to reduce the occurrence of silent occlusion [26], this failure mode remains
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difficult to detect, especially at low flow rates, as in-line built-in pressure increases slowly
over time. Median occlusion detection times (ODT) at 0.1 U/h ranging from 4 h to more
than 40 h in commercial insulin pumps were reported [27]. Occlusion may occur shortly
after insertion of the infusion set, but generally increases after 2 or 3 days of use. The
effect can be related to a kinking of the catheter or the soft cannula, a cannula leakage, the
chemical precipitation of insulin, or the fibrin formation at the needle tip [28].

Depending on whether the externally applied energy is converted into fluid kinetic
energy, micropumps can be categorized as nonmechanical or mechanical micropumps.
These later devices are usually further divided into displacement or dynamic micropumps
depending on whether mechanical energy is periodically or continuously transferred to the
working fluid [21,29–34].

The focus here is on displacement micropumps with flow rectifiers, in which a force
is applied periodically to one or more moving boundaries, which in turn exert pressure
on the working fluid. Flow rectifying elements are implemented to prevent back-flow and
free-flow. Insulin delivery systems with displacement MEMS (micro-electro-mechanical sys-
tems) pumps with passive check valves have indeed demonstrated interesting features in
terms of occlusion detection and delivery accuracy [23,35–41]. Numerous actuation mech-
anisms were associated with this micropump structure, including piezoelectric [40–43],
electrostatic [44,45], ionic conductive polymer film [46], thermopneumatic [47], electromag-
netic [48], shape memory alloy [49–51], and bimetallic actuators [52].

Such a displacement pump engine is connected to the insulin reservoir and either
an infusion set or a cannula that is directly inserted into the skin (patch pump). Sensors
can monitor the pressure to detect any events that may induce over- or underdelivery.
For basic safety reasons, the pressure relative to the atmosphere in the insulin reservoir
is generally zero or slightly negative. During the filling phase of the pumping cycle, a
negative pressure is generated in the pumping chamber to open the inlet valve and draw
insulin from the reservoir. The fact that the insulin experiences a negative pressure is a
significant difference from other insulin delivery systems, except the implantable pump
MIP developed by Minimed to infuse U400 insulin via the intraperitoneal route [22]. The
pressure of the MIP reservoir is −275 ± 70 mbar to prevent the risk of overdose induced by
leakage and the risk of pocket fill [53–56]. Most infusion systems are piston pumps that
simply push the insulin present into the reservoir to the patient. To illustrate the difference
between the two systems, the presence of air in the insulin reservoir is considered. Except
in the case of prefilled cartridges, it is difficult to avoid the presence of air, especially if
insulin, before being injected into the reservoir, is first extracted from a vial by the patient
using a syringe. Air bubbles in a piston pump reservoir can generate an overdose in the
event of depressurization (e.g., in an airplane) [22,57]. In the reservoir of a displacement
pump with check valves, air can block the valves due to capillary effects and degrade
delivery accuracy if air remains in the pumping chamber. The risks for the patient are
therefore radically different: over- or underdelivery.

To tackle the challenges of infusing insulin with a displacement pump having check
valves, a brief description of the pumping mechanism is first presented, together with an
analysis of the link between design, pumping performances, and rapid occlusion detection.
The compatibility of this pumping mechanism with the fragile insulin molecule is then
reviewed in detail, with a comprehensive analysis of the failure modes. Finally, some
insights about the design rules that can be implemented to improve the displacement
micropump reliability and thus mitigate the risks associated with this pumping mechanism
are presented.

2. Description of a Displacement MEMS Micropump
2.1. Basic Operation

Displacement micropumps with a membrane turned out to be a popular design in drug
delivery applications. Such a displacement micropump comprises an actuator, a pumping
chamber, a moving membrane, and flow rectification elements such as holes, passive check



Encyclopedia 2024, 4 820

valves, diffusers, or nozzles [58]. This type of micropump utilizes the reciprocating concept,
wherein a cyclic membrane movement is generated by the actuator to alternately increase
and reduce the volume of the pumping chamber. For a displacement micropump with
ideal flow rectifier elements, the pumping cycle consists of two successive phases:

• The supply phase, wherein the displacement of the membrane induces an increase of
the pumping chamber volume; the generated underpressure leads to an opening of
the inlet valve and the filling of the pumping chamber cavity with insulin that comes
from the non-pressurized reservoir.

• The infusion phase, wherein the displacement of the membrane reduces the pumping
chamber volume; the induced overpressure opens the outlet valve and generates a net
flow from the pumping chamber toward the patient through the infusion set or the
cannula.

The actuation cycle of a displacement micropump with passive check valves is illus-
trated in Figure 1. The stroke volume VS is the displaced volume during the infusion phase
while the dead volume VD is the residual volume of the pumping chamber at the end of
the infusion phase.
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Figure 1. Schematic views of the membrane of a displacement micropump with passive check valves
during the supply phase (top) and the infusion phase (bottom) [59].

2.2. Detailed Structure of a MEMS Micropump

The displacement mechanical pump considered here is a volumetric piezoelectric
MEMS micropump associated with two check valves [59,60]. The micropump was designed
to deliver 0.2 microliters of insulin per pump stroke (i.e., 0.02 units (U) of U100 insulin),
with a maximum error of 3%. The device is made of a stack of wafers bonded together
by Au-Au thermocompression or direct bonding: one SOI (silicon-on-insulator) plate in
which the moving elements are micromachined (pumping membrane, sensor membranes,
and inlet and outlet valves) and two silicon top and cover plates with through holes (see
Figure 2). Two square silicon membranes of the pressure sensors are submitted to boron
implantation to create piezoresistive strain gauges. The pressure profile measured by the
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inner detector during a micropump stroke can be used to monitor the valves, pumping
membrane, and actuator functions. The outer detector is mainly used to detect out-of-stroke
pressure built up in the infusion line. The fluid pathway is shown in Figure 3. The opening
thresholds of the valves (i.e., valve pretensions) are typically in the range of 50 to 100 mbar.
The flow rate can be programmed to vary from 0 to 2.5 mL/h, considering an aqueous
solution of 1 cP (centipoise). As the piezo actuator is overdriven to ensure that the pumping
membrane reaches the mechanical stops during the actuation cycle whatever the pressure
conditions, the stroke volume is repeatable and insensitive to the variation of viscosity
induced by a temperature change.
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Figure 2. Schematic cross-section of a MEMS micropump made of an SOI wafer bonded to top and
bottom wafers in silicon (in grey). The buried oxide of the SOI wafer is represented by the green layer
while the pink rectangles are the anti-bonding pads. The direction of the flow is indicated by the
orange arrow. A piezoelectric bender not represented here pushes and pulls the mesa of the pumping
membrane via a flexible metal blade. Mechanical stops allow repeatable and accurate pump strokes
of 200 nanoliters [40].
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2.3. Micropump Modeling

The dimensioning of the actuator, the valves, the pumping membrane, and the piezore-
sistive strain gauges can be made using quasi-static conditions. More complex is the
determination of the pressure in the different compartments of the micropump during
actuation. Analyzing such pressure profiles is crucial to determine whether the micropump
is working properly [38,40,59]. Also, the presence of air bubbles in the pumping chamber
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can significantly impact the delivery accuracy, and a numerical model that can describe the
micropump dynamics is desirable.

The simplest option, which exploits the analogy between fluidics and electrical net-
works, consists of building an electrical equivalent network based on a subdivision of the
micropump structure into lumped elements [61].

The analogy can be illustrated as follows. The governing equation of a mechanical
system is:

F = m
dv
dt

+ αv + k
∫

vdt (1)

where F, m, v, α, and k are the force, mass, velocity, friction coefficient, and stiffness,
respectively. Considering the flow rate Φ through a section S, Equation (1) can be rewritten:

P =
F
S
=
( m

S2

)dΦ

dt
+
( α

S2

)
Φ +

(
k

S2

)∫
Φdt (2)

where P is the pressure. This later expression is similar to the equation governing an
electrical series RLC circuit:

e = L
di
dt

+ Ri +
1
C

∫
idt (3)

Table 1 shows the correspondence between mechanical and fluidic parameters and
their electrical analogs [62]. Applying Kirchhoff’s laws, i.e., flow conservation at any node
of the network and no pressure difference along any closed loop, enables the determination
of the micropump fluid dynamics during actuation.

Table 1. Equivalence between mechanical/fluidic and electrical parameters.

Mechanical and Fluidic
Parameters

Electrical Equivalent
Parameters

P pressure e voltage
Φ flow rate i current

m/S2 m is the mass L inductance

α/S2 α is the friction
coefficient R resistance

k/S2 k is the stiffness C capacitance

This method was considered to design different types of micropumps [23,24,62–70].
The different elements of the fluid pathway are replaced by their equivalent electrical
elements and the micropump can be simulated using any electrical circuit simulation tool.

Considering the displacement micropump described previously, the general equiv-
alent network is shown in Figure 4. In normal operation, insulin flows from left to right.
The pressures in the drug reservoir and infusion site are modeled by voltage sources.
Hydrodynamic restrictions and check valves are modeled by fixed and variable resistors,
respectively. Displacement of the pumping membrane generates a flow whose electrical
equivalent is a controlled current source. Also, the elasticity of structural elements is simu-
lated by capacitors. Inductors are usually not considered when the effects of inertia in the
flow can be neglected (at low Re). A more refined model includes variable capacitors that
model the air bubble compliance and the vapor pressure of the different insulin excipients.
Also, the presence of particulate contamination on the valve seats can be introduced by
adding a minimum gap for a valve normally closed.
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Fluid restrictions usually consist of rectangular channels or rings for radial valves. For
a microchannel with a width w, a depth h, and a length L (with h ≪ w and h ≪ L), the solu-
tion of the Navier–Stokes equations is the planar Poiseuille flow, where the hydrodynamic
resistance, equal to the pressure drop to flow rate ratio, is:

R f (microchannel) =
12ηL

wh3
(

1 − 0.63 h
w

) (4)

where η is the dynamic viscosity of the fluid.
The passive check valves consist of cylindrical pillars lying on an annular valve seat.

The solution of the Navier–Stokes equations for the radial flow between two parallel disks
separated by a distance h leads to the following hydrodynamic resistance:

R f (annular valve) =
6η

πh3 ln
(

rout

rin

)
(5)

where rout and rin are the outer and inner radii of the annular valve seat [23].
The valve opening h can be derived from the expression:

h =
∆P.s
kvalve

(6)

where kvalve is the valve stiffness obtained through FEM simulations, ∆P is the pressure
drop across the valve, and S is the cross-section of either the inlet or outlet fluidic port of
the micropump. For non-Newtonian fluids, solving the Navier–Stokes equation leads to
more complex formulas, which can be found here [71]. Also, many articles and textbooks
provide the fluid resistances of various channel cross-sections, see, e.g., [72–76].

The elastic/deformable elements of a micropump are characterized by their pressure-
dependent volume deformation or fluid capacitance C, defined as follows [63]:

C =
dV
dP

(7)

The fluid capacitance can be obtained using an analytical formula for simple geome-
tries or FEM simulations. For a compressible medium of volume V, the fluid capacitance
can also be written:

C = χV (8)
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where χ is the compressibility factor [63]. For air, the capacitance is simply C = V/P. The
capacitance of a square detector membrane, assuming that there is no initial stress, is, for
small deflections:

C ≈
6a6(1 − ν2)

π4t3E
(9)

where a and t are the width and thickness of the clamped membrane, while E and ν are the
Young modulus and Poisson’s ratio of the membrane material, respectively [61].

The circular membrane stiffness k, in the linear deformation theory (deflection < 0.4t),
can be approximated by:

k ≈ 64πD
R2

M(1 − α4 + 4α2lnα)
(10)

where

D =
t3E

12(1 − ν2)
(11)

and α = Rm/RM is the ratio of mesa and membrane radii.
The coupling between the piezo bender and the membrane with a flexible blade makes

the estimation of the overall stiffness difficult (see [59] for the description of a pneumatic
method to estimate this value experimentally). For small deflections, it can be assumed that
the force generated by the piezo is almost constant during the stroke. Thus, the system can
be approximated by a simple membrane with a mesa submitted to a constant force. The
detailed analytical formula can be found here to derive the volume change of the pump
chamber induced by its deflection [68,77].

If the deformation of the flexible part of the membrane is neglected, a useful formula
derived from basic geometrical considerations can be used to approximate this volume
change induced by the deflection along the z direction normal to the mesa surface:

∂V
∂z

≈ −π

(
R2

M + R2
m + RMRm
3

)
(12)

The pumping membrane displacement itself is governed by the equilibrium of forces
on the pumping membrane, including pressure force, the elastic restoring force of the
pumping membrane, elastic force of the mechanical stops, piezo force, and finally the
squeeze film force.

This latter force is derived by solving the Navier–Stokes equation for the flow between
two flat parallel disks of radius Rm, one disk is fixed (the mechanical stop) while the
other one (the moving membrane) moves due to the application of a constant force. The
expression of the force, also called Stephan force, is:

Fs =
3πηR4

m
2

.
h
h3 (13)

where h is the distance between the two disks [78]. This force shall be considered in the
numerical model if no specific structures are implemented to reduce this damping effect.

The main outputs of the simulations are the stroke volume, the valve displacements,
the estimation of potential free flow and backflow, and the evolution of the pressure inside
the pumping chamber during an actuation cycle.

Such an electrical equivalent network is a powerful tool to evaluate, in a design-
for-manufacturing approach, the impact of manufacturing tolerances on fluidic perfor-
mances [23,59]. The effects of single or multiple failure modes on the pressure profiles can
also be easily derived to build a detection algorithm able to discriminate valve leakage, air
entrance, reservoir overfilling, and occlusion, from any other type of failure modes [40].
A comprehensive review of the various pressure profiles experimentally recorded during
air pumping is provided in [59]. This tool can therefore be used to refine the design of the
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valve, pumping chamber, and actuator to keep the occurrence of these risks at an acceptable
level.

3. Specific Factors Influencing the Design of such an Insulin Displacement Micropump
3.1. Insulin Aggregation

The propensity of insulin to form aggregates has been known for almost 100 years [79–81].
The formation of insulin fibrils is a physical process driven by the shielding of the hy-
drophobic domains; the partially unfolded insulin molecules interact to form linear aggre-
gates [82,83]. Factors that affect the fibril formation comprise acidic pH [84], agitation and
shear stress [85,86], elevated temperature [87], contact with hydrophobic surfaces [88], and
variation in ionic strength [89]. The comprehension of the insulin aggregation mechanisms
is crucial to anticipating compatibility with the infusion device [90]. Aggregates of insulin
can lead to occlusion of the fluidic pathway [81,82], backflow, and thus, underdelivery, if
the fibrils are stuck onto a valve seat or if the fibrils impede the pumping mechanism [39,40],
but also free flow and potentially overdelivery if both valves are contaminated and the
pressure between the reservoir and infusion line is not balanced [59]. The relevant physical
factors that need to be taken into account when designing the displacement micropump
are the shear stress control during pumping and the interaction with hydrophobic surfaces,
especially air bubbles.

3.2. Shear Stress and Hydrophobic Surfaces

The shear stress of a fluid between two flat plates of surface A separated by a distance
y is defined as a unit area amount of force parallel to the plates that is acting on the fluid:

τ =
F
A

= µ
du
dy

(14)

where τ is the shear stress, F is the drag force applied to a plate, µ is fluid viscosity, and du
dy

is the velocity gradient at right angles to the plates. Maximum shear stress occurs when
insulin flows through the small valve opening and during the compression of the membrane
against the mechanical stops, wherein the fluid is squeezed. Geometrical modifications of
the valve seat to shorten the constricted areas wherein high shear is observed is an option
that should be considered carefully. A thinner valve seat exhibits a lower hydrodynamic
resistance and can lead to larger backflow in the presence of contamination, reducing the
pump tolerance to particles. A safer approach to control shear stress in this area consists of
tuning the actuation profile to limit the peak of the pulsatile flow rate without affecting the
average delivery rate. As the fluidic pathway of a displacement micropump is complex, the
tuning of the actuation cycle requires FEM simulations to map the dynamic shear stress.

The squeeze film effect has a negative impact on insulin stability but also delivery
accuracy at a fast actuation rate [22,36,40,59]. A classical solution to reduce this effect
consists of using small anti-stiction pads that limit the surface of contact between the pump-
ing membrane and the mechanical stops (see the pink pads in Figure 2). As the squeeze
film force varies with the fourth power of the radius of the contact surface, according to
Equation (13), the use of a multitude of pads reduces the overall squeeze film force by
several orders of magnitude. The contact areas that are submitted to maximum shear
stress are also automatically reduced and limit the probability of generating aggregates
and precipitates. The increased local pressure on the pads can also better crush potential
residues and limit the occurrence of underdelivery induced by a limited stroke. Finally,
the presence of hydrophobic surfaces can be reduced using a hydrophilic coating or other
surface treatments.



Encyclopedia 2024, 4 826

3.3. Air Management
3.3.1. Air in the Insulin Reservoir and Air Filter

Air is present in the insulin reservoir due to a combination of factors. As discussed in
the introduction, the insulin reservoir is usually maintained at the atmospheric pressure
to prevent the risk of free flow. This feature can be obtained by using a flexible or semi-
flexible reservoir that is collapsed to limit the initial amount of air. In implantable pumps,
the presence of a rigid external casing does not allow a pressure equilibrium between
the reservoir and surrounding tissues, thus alternative methods shall be considered to
prevent free flow in environmental conditions of high pressures (scuba diving) or after
prolonged exposure to low pressure, e.g., during a stay at high altitude [91,92]. The filling,
in particular, if this operation is made by the patient, is a second source of air entrance.
Degassing from insulin and air permeation through the reservoir membrane also lead to
additional air generation in the insulin reservoir [93].

As mentioned in a previous section, the presence of an air interface can lead to the
formation of insulin aggregation and fibrils through a complex pathway [83,90]. Body-worn
devices are of particular concern due to the combined effect of temperature and shaking.
Check-valve micropumps usually come with a filter to prevent the risk of valve leakage
or blocking depending on the type of contamination [31]. In the specific case of insulin
delivery, the filter protects the valves from reservoir particles, air bubbles, and fibrils of
fast-acting insulin analogs within the reservoir [21,22]. The surface of the hydrophilic filter
used to prevent air entrance into the pump shall be large enough to allow the complete
emptying of the reservoir and to generate a small pressure drop. Its bubble point, defined
as the pressure at which air will pass through the wetted membrane filter, is determined
using the numerical model of the micropump: its value shall be large enough to prevent air
entrance in normal conditions of use and the pore size shall be small enough to prevent
valve leakage. The principle of the bubble-point test of a filter is illustrated in Figure 5. This
bubble point is defined by:

P =
4σcosθ

D
× 106 (15)

where P is the bubble-point air pressure (Pa), D the pore diameter (micrometer), σ the
surface tension of the liquid (N/m), and θ the contact angle between the insulin and
the filter material [94]. The membrane filter pore density is finally adjusted to match
hydrodynamic resistance requirements. The choice of membrane filter material, like any
other material in contact with insulin, shall meet biocompatibility requirements and shall
not affect insulin stability and potency.
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3.3.2. Self-Priming Capability

The compression ratio ε of the displacement micropump is equal to:

ε =
VS
VD

(16)

The micropump can be self-priming and bubble tolerant if the compression ratio
satisfies specific design rules that notably depend on the pumping rate and valve opening
thresholds, also called valve pretensions.

It is assumed that both passive check valves have the same opening threshold |∆Pvalve|,
which corresponds to the absolute value of the minimum pressure gradient through the
valve to open it. To pump air, the micropump shall first be able to open the valves. The
amplitude of the pressure gradient |∆P| that is generated between the pumping chamber
and the inlet and outlet ports shall therefore meet this minimum criterion:

|∆P| > |∆Pvalve| (17)

At high actuation frequency, if the compression phase is fast enough to be adiabatic
(no heat transfer between the gas and the micropump), then the quantity PVγ remains
constant (the gas is assumed to be ideal, P is the absolute pressure of the gas in the pumping
chamber, V the pumping chamber volume, and γ the gas adiabatic coefficient equal to 1.4
for air). The micropump can pump air at high frequency if the minimum compression ratio
εgas for air satisfies the criterion:

εgas >

(
Patm

Patm − |∆Pvalve|

)1/γ

− 1 (adiabatic) (18)

where Patm is the atmospheric pressure [58]. Considering |∆Pvalve| = 100 mbar and Patm =
1000 mbara, the criterion is:

εgas > 1 : 13 (adiabatic) (19)

At low actuation frequency, when the gas in the pumping chamber is at thermal equi-
librium with the micropump, the compression process is isothermal with PV = constant.
The criterion to pump air becomes:

εgas >

(
Patm

Patm − |∆Pvalve|

)
− 1 (isothermal) (20)

For |∆Pvalve| = 100mbar and Patm = 1000mbara, the criterion at a low actuation rate is:

εgas > 1 : 9 (isothermal) (21)

The criterion derived from the isothermal air compression process can be considered
the worst case and therefore taken as input for a robust micropump design. A compression
ratio of 1:1.2 and output pressure up to 1.3 bar were reported for MEMS displacement
micropumps [40].

The minimum compression ratio ε liquid for a liquid, considering that the pump is
already primed, is:

ε liquid > κ |∆Pvalve| (22)

where κ is the liquid compressibility. This criterion, thanks to the very low value of κ
(e.g., κ = 0.5 × 10−8 m2/N for water) is easily met whatever the displacement micropump
design.

The value of |∆Pvalve| mainly depends on the active area of the valve and its stiffness.
Refined models of microvalves can also consider electrostatic and van der Waals forces,
solid bridging, hydrogen bonding, and capillary forces [79].
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3.3.3. Capillary Adhesion

Different approaches can be considered to prevent valve stiction, including the use of
an anti-bonding layer during micromachining, the control of the surface properties and
roughness, and the micro-structuration of the valve seat. Coating and surface treatment can
indeed lower the adhesion of the valve onto its seat and thus improve the bubble tolerance
of the micropump [95].

Capillary force may be a problem if the valve seat surface is large and a meniscus is
present on both sides of the valve seat, forming a capillary bridge. The latter can occur in
the presence of a large bubble, during drying when the pump is operated at a very low
basal rate, or when it is switched off. The presence of air may be the result of an air leak or
simple degassing. To operate correctly, the micropump must be able to generate a pressure
force on the valve that is sufficiently large to overcome this additional capillary force and
thus force the meniscus through the small valve opening [58].

The capillary adhesion that can block an annular valve is illustrated in Figure 6. It
is assumed that the liquid wets the surfaces with a contact angle θ < π/2. The capillary
bridge is characterized by a radius of curvature R and a surface S = 2πwRv, where w is
the width of the valve seat and Rv the distance between the valve symmetry axis and the
center of the valve seat. The distance between the two flat surfaces forming the valve is
denoted as h, with h ≪ R. The Laplace pressure in the liquid is [96,97]:

∆p = σ

(
1
R
− cosθ

h/2

)
≈ −2σcosθ

h
(23)
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The attractive force between the two surfaces of the valve seat is thus:

F = 4πσcosθ
wRv

h
(24)

For small gap values, this force can be large enough to prevent the opening of the
valve. In addition, prolonged contact with a hydrophobic interface such as air when
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the pump is not activated is a well-known factor that increases the formation of insulin
aggregates [81,82], and such gel-like residues or precipitates usually require a purge to
remove the obstruction. The use of hydrophobic material to form the valve seat is attractive
to prevent stiction during the wafer bonding process and to avoid the capillary valve effect,
but on the other hand, the contact of insulin with such hydrophobic surfaces promotes the
formation of fibrils, which in turn can lead to valve leakage. Also, hydrophobic surfaces are
negatively impacting the self-priming capability of the micropump. Air bubbles become
more difficult to purge, which can lead to problems with drug stability [82]. Water, due
to its large surface tension of 0.072 N/m, can be considered as the worst case during the
dimensioning of the valve and the tests of bubble tolerance.

3.3.4. Valve Pretension

The determination of the valve opening thresholds (or valve pretensions) of a displace-
ment micropump depends on different requirements related to the pumping performance,
pumping efficiency, and accuracy considerations. More specifically, in diabetes care, other
patient safety considerations need to be taken into account, such as protection against free
flow that could lead to a fatal outcome.

By design, the valves shall remain closed when the micropump is not activated. The
water column due to external pressure conditions and/or the use of a long infusion line
shall not open the valves and thus lead to direct communication between the insulin
reservoir and the patient.

Design constraints related to failure detection can also be considered during the
dimensioning of the valves. The measurement of the pressure inside the pumping chamber
or downstream of the micropump outlet is indeed a powerful tool to monitor the correct
functioning of the micropump [40,59]. Tuning the values of the valve pretensions allows
for optimized amplitudes of the pressure during an actuation cycle and a better sensitivity
of the failure detection algorithm. Valve pretensions of about 50 to 100 mbar, associated
with a high compression ratio and a stroke volume of 0.2 µL, enable the reliable and fast
detection of any condition affecting pumping accuracy including occlusion, valve leakage,
reservoir under- or overpressure, and actuator failure [40,59].

3.3.5. Air in the Pumping Chamber: Underdelivery, Foam, and Cavitation

Hydrophilic surfaces are required to enable the fast and effective priming of the
pumping chamber. Indeed, residual air bubbles lower the stroke volume as the compliance
(or fluid capacitance) of the pumping chamber increases: a part of the volume displaced
by the pumping chamber serves to compress air instead of pushing insulin through the
infusion line [40,98]. The expansion of a bubble during actuation can be estimated as
follows.

The pressure inside the bubble pi and in the liquid at the bubble wall pL are:

pi = pg + pv = pL + pσ (25)

and
pL = pg + pv − pσ (26)

where pg is the pressure of non-condensing gas, pv is the vapor pressure, pσ = 2σ/R is the
Laplace pressure, σ is the vapor tension, and R is the bubble radius.

The pressure inside a bubble at equilibrium is:

pi,e = pg,e + pv = p0 + 2
σ

R0
= p0 + 2σ

(
4π

3V0

)1/3
(27)
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where p0 is the static pressure in the liquid just outside the bubble wall, and R0 and V0
are the equilibrium bubble radius and volume, respectively. The pressure pg is calculated
using a polytropic law:

pg = pg,e

(
R0

R

)3κ

(28)

where the polytropic index κ is equal to 1 and Laplace’s coefficient for isothermal and
adiabatic bubble expansion. Hence, the relation between the bubble volume and the liquid
pressure pL in the absence of dissipation is [99]:

pL = pg + pv − pσ =

(
p0 + 2σ

(
4π

3V0

) 1
3
− pv

)(
V0

V

)κ

+ pv − 2σ

(
4π

3V0

) 1
3

(29)

The presence of insulin excipients such as cresol or meta-cresol shall be considered
when estimating the value of the vapor pressure in the bubble.

The design of the pumping chamber must limit areas within which flow during
actuation is low, such as a cul-de-sac, as the air trapped in such an area is difficult to remove.
Also, a high compression ratio is desirable to improve both priming and bubble purging
capability. However, special care shall be taken when setting the actuation speed. A fast
pumping membrane motion during the supply phase can generate a large underpressure
that in turn leads to potential cavitation, which refers to the formation of a vapor phase
within the liquid due to a rapid pressure reduction, and excessive shear stress on the drug
molecules [82].

An interesting case occurs indeed when the micropump is perfectly primed. During
the actuation, since insulin is considered incompressible, the pressure decreases very
quickly and can become negative. This phenomenon can occur when the inlet remains
closed (stiction) or when the actuation speed is too fast: in this latter case, the time necessary
for the liquid to fill the pumping chamber may be much longer than the actuation voltage
ramp. Since the membrane is in equilibrium, that means that the water exerts an attractive
force on the membrane and the water is thus under a negative pressure (in tension, or a
positive stress state).

By increasing the actuation force on the membrane, the liquid is stretched but this
state is metastable: the creation of a bubble can indeed lower the potential energy of the
system. However, this process requires overcoming an energy barrier since the liquid–gas
transition is discontinuous (first-order transition since the interface between the two phases
has a finite energy per unit area, which is equal to the surface tension).

The reversible formation of a vapor bubble of radius R in the liquid requires work to
create the liquid/vapor interface equal to

4πR2σ (30)

The formation of the bubble volume at the negative pressure p requires the negative
work pV, while filling this volume with a vapor pressure pv requires a negative work equal
to −pvV. For large negative pressure p, this latter term can be neglected and the net work
to form the bubble is:

W = 4πR2σ +
4
3

πR3 p (31)

At negative pressure, the function W has a maximum at the critical radius Rc:

Wmax =
16πσ3

3p2 (32)

with
Rc = −2σ

p
(33)
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A bubble of radius R < Rc must overcome an energy barrier before it can grow freely
while reducing free energy. Bubble expansion stops when the pressure in the liquid rises
to the liquid’s vapor pressure [100]. This energy barrier is weak, but relatively very high
compared to thermal fluctuations. A liquid can also remain in this metastable state for a
very long time at high negative pressures (in a tree, the pressure at the leaf level can reach
several bars under zero), and microbubbles usually disappear without reaching the critical
size. However, experiments at strongly negative pressures required special preparation to
avoid any nucleation sites in the liquid, especially at the interfaces [101]. In practice, this
effect is therefore rarely observed.

Pumping insulin at high speed results in the sudden growth of residual air bubbles
followed by a partial collapse when insulin enters the pumping chamber during the supply
phase. The number of bubbles increases with each actuating cycle until foam is gradually
generated, which considerably reduces the dispensing rate. To prevent foaming, the actua-
tion rate can be electronically limited and controlled according to pressure measurements
in the pumping chamber [23].

4. Conclusions

A displacement micropump with passive check valves is an attractive solution to infuse
insulin. This volumetric micropump, intrinsically insensitive to temperature, external
pressure, and viscosity variations, shows impressive delivery accuracy performances that
make this technology a good candidate for highly concentrated insulin infusion. However,
this type of micropump presents new challenges linked to the management of air bubbles
and insulin fibrils. To address this, a set of design rules was proposed and discussed
in a design-for-reliability approach. Innovative solutions, including the introduction of
new functionalities or additional monitoring systems with dedicated algorithms, need
therefore to be implemented to make an effective and safe insulin delivery system based
on displacement micropump technology.
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