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ABSTRACT: Animal-derived lung surfactants annually save 40 000 infants with
neonatal respiratory distress syndrome (NRDS) in the United States. Lung surfactants
have further potential for treating about 190 000 adult patients with acute respiratory
distress syndrome (ARDS) each year. To this end, the properties of current
therapeutics need to be modified. Although the limitations of current therapeutics
have been recognized since the 1990s, there has been little improvement. To address
this gap, our laboratory has been exploring a radically different approach in which,
instead of lipids, proteins, or peptides, synthetic polymers are used as the active
ingredient. This endeavor has led to an identification of a promising polymer-based
lung surfactant candidate, poly(styrene-b-ethylene glycol) (PS−PEG) polymer
nanomicelles. PS−PEG micelles produce extremely low surface tension under high
compression because PS−PEG micelles have a strong affinity to the air−water
interface. NMR measurements support that PS−PEG micelles are less hydrated than
ordinary polymer micelles. Studies using mouse models of acid aspiration confirm that PS−PEG lung surfactant is safe and
efficacious.

KEYWORDS: block copolymer micelle, lung surfactant, pulmonary surfactant, acute respiratory distress syndrome,
neonatal respiratory distress syndrome

1. INTRODUCTION

The development of therapeutic lung surfactants (LSs),
extracted from bovine or porcine lungs, has greatly contributed
to reducing the mortality rates of neonatal respiratory distress
syndrome (NRDS). NRDS is a complication with a prevalence
in the United States of 40 000 cases per year that occurs in
preterm infants due to their underdeveloped respiratory
system.1 When infants are born before the full 40 week
gestation period, they have a deficiency in LSs.2,3 Without LSs,
the lung alveoli collapse disproportionately, resulting in a life-
threatening situation. Before 1980s, when NRDS was mis-
named as “hyaline membrane disease” due to the mis-
conception that this disease was of viral origin, it was the
leading cause of infant death in the United States and had a
higher death rate than pneumonia or influenza.4,5 With the
discovery of the LS’s pivotal role in the lung mechanics,
treatments involving instillation of therapeutic LSs to NRDS
infants have reduced the NRDS-related mortality rates to 2%.6

LS complication can also occur in adults and pediatrics. The
most-severe form of respiratory failure is termed acute
respiratory distress syndrome (ARDS).3 ARDS is a physio-
logical syndrome that involves multiple risk factors such as
sepsis, pneumonia, aspiration-induced lung injury, lung
contusion, and massive transfusion. The annual U.S.
prevalence of ARDS is 190 000, and despite modern critical
care, the mortality rate is ∼40%.7−10 Regardless of the origin,
ARDS patients exhibit increased protein-rich exudates and

inflammation in the alveoli, which result in inactivation and
reduced production of lung surfactant. With the success in
treatment of NRDS infants with therapeutic LSs, a number of
clinical trials investigated their efficacy in treating ARDS
patients. Unfortunately, the results from large-scale clinical
trials have indicated that current therapeutic LSs are not
effective in treating adult ARDS.11−14 However, there were two
critical issues with previous clinical trials. (1) Current
therapeutic LSs are not designed to be resistant to deactivation
caused by serum proteins.12,15,16 (2) The LS dose levels used
were inappropriate.17,18 Both of these factors are related to the
mechanism of LS’s surface activity.
Although therapeutic LSs from animal sources and

endogenous human LSs are different slightly in composition,
they both overall contain about 90% lipids (mainly
phospholipids plus cholesterol) and 10% surfactant proteins.3

The phospholipids reside at the air−water interface and lower
the air−water interfacial tension proportionally to the radius of
the alveolus (and, thus, to the square root of the surface area of
the alveolus). The size-dependent reduction of the air−water
interfacial tension consequently equalizes the Laplace pressure
(ΔP) between differently sized alveoli, as shown in Figure 1a.
The air−water interfacial mechanical properties of LSs are
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typically studied by measurements of surface pressure versus
area isotherms during compression−expansion cycles. The
surface pressure-relative area isotherms for two commercial
therapeutic surfactants, Infasurf (ONY, calf lung lavage) and
Survanta (AbbVie, bovine lung mince), are shown in Figure
1b; detailed composition information for these commercial LS
products has been summarized in a recent review article.19

Here, the surface pressure (π) is defined as the difference
between the surface tension of the clean air−water interface
(γ0) and that of the LS-laden air−water interface (γ); that is, π
= γ0 − γ. For both Infasurf and Survanta, a sharp increase in
surface pressure (sharp decrease in surface tension) was
observed upon compression, while a sharp decrease in surface
pressure (sharp increase in surface tension) was seen upon
expansion.
During compression−expansion cycles, phospholipids de-

sorb from the air−water interface at high compression and
readsorb to the air−water interface upon expansion (with the
aid of surfactant proteins such as SP-B and SP-C).20,21 It is this
desorption−readsorption mechanism that makes lipid- and
protein-based LSs susceptible to deactivation and complicates
dose estimation for ARDS treatment. Typically the lungs of an
ARDS patient are flooded with fluids rich in albumin,

fibrinogen, and hemoglobulin (collectively referred to as
“deactivating agents”).3,22−25 These deactivating agents have
a higher tendency to adsorb to the air−water interface than LS
lipids.24−26 Thus, after a few breathing cycles, LSs at the air−
water interface are replaced by these deactivating proteins; see
the lower right panel of the Table of Contents graphic. In
previous ARDS clinical trials, high doses of therapeutic LSs
have typically been used with the hope that the excess amount
of LSs leads to a re-replacement of the deactivating agents at
the air−water interface by the therapeutic surfactants.26

However, clinical data suggest that this is not an effective
strategy.11−14 We propose an alternative method for ARDS
treatment: the use of therapeutic surfactants that are resistant
to deactivation by proteins (as depicted in the lower right
panel of the Table of Contents graphic). All currently available
lipid- and protein-based LSs fall short in this regard. The use of
polymers as additives to suppress the serum inactivation of
lipid- and protein-based LSs24,25 or as a surrogate for SP-B
proteins23 has previously been proposed. However, to our
knowledge, using polymers as a main active ingredient for
surfactant replacement therapy is a new concept that has never
before been explored.
The desorption−readsorption mechanism also poses a

problem in estimating the optimal dose. If the same dosing
strategy for therapeutic LSs is used in adult ARDS patients as
that used in NRDS infants, the recommended dose is 100 mg
of phospholipids per kilogram of body weight; in terms of
injection volume, the number becomes 3−4 mL of LS
suspension per kilogram of body weight. The “100 mg/kg”
dose represents an amount that is about 32 times in excess of
that needed to fully coat the whole surface area of the lungs of
an infant (3.1 mg/kg).27 The use of excess LSs is necessary
because the aqueous subphase of the alveolar air−water
interface (alveolar lining fluid) needs to be saturated with LSs
to guarantee the proper operation of the surfactant
adsorption−desorption process.3 The lungs of infants have
less branching than those of adults, and therefore, the above
simple volumetric scaling is inadequate when applied to adult
ARDS patients, for instance, due to wall losses of liquids during
bolus delivery (“coating cost”).17 Furthermore, an instillation
of 3−4 mL/kg of liquid to an adult ARDS patient is inadequate
because the patient’s lungs are already filled with fluid.
Unfortunately, clinical trials testing lower volumetric doses
were unsuccessful.11−13 A recent study suggested that, despite
the coating cost, the 4 mL/kg dose delivers sufficient surfactant
material to the alveoli of an adult ARDS patient.17,18

A potential solution to this conundrum is aerosol delivery.
However, efforts to aerosolize therapeutic LS have only met
with technical difficulties.28 Liquid foaming is, for instance, one
challenge; the typical concentration of active ingredient in a
commercial LS preparation is about 25 mg/mL (Survanta),
which has a high viscosity and a low surface tension and is thus
prone to foaming and swelling.19 Even with advancement of
the nebulization technology, producing a steady stream of
aerosolized LS at a high dose of 100 mg/kg without clogging
the nebulization device remains challenging.29

A solution to both the deactivation and high-dose problems
is to develop a material that can function as LS by a completely
different mechanism, i.e., via the formation of an insoluble
monolayer at the air−water interface. Such a compound, being
insoluble, would have a higher affinity to the air−water
interface than serum proteins and thus be resistant to
deactivating effects of serum proteins because it does not

Figure 1. (a) Contour plot of the Laplace pressure (ΔP) of a
spherical alveolus calculated as a function of surface tension (γ) and
radius (R). (b) Surface pressure vs relative area isotherms of Infasurf
and Survanta obtained during repeated continuous compression−
expansion cycles. The data displayed represent the last 10
compression−expansion cycles of total 50 continuous cycles. The
subphase solution used contained 150 mM NaCl, 2 mM CaCl2, and
0.2 mM NaHCO3 (pH 7.0−7.4, 25 °C). The monolayer was
compressed and expanded at a rate of 50 mm/min; one
compression−expansion cycle took 7.18 min. At the “100% relative
area”, 10 mg of Infasurf and Survanta was spread on water in a
Langmuir trough with a 780 cm2 surface area and a 1.4 L subphase
volume; “100% relative areas” corresponded to 0.972 square
angstroms per molecule for both Infasurf and Survanta.
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desorb from the air−water interface. Also, a much-lower dose
would be required of such compound (estimated to be 3.1 mg/
kg) relative to current therapeutic LSs (100 mg/kg). With
polymer formulations, aerosolization would be easier, too,
because lower concentrations can be used. For these reasons,
we think that polymers are ideal materials to be used as active
ingredients in ARDS therapeutics. Polymer LSs are free of
pathogenic contaminants. The most-important advantage of
synthetic polymer LSs over animal-derived products is mass
production. If surfactant-replacement therapy becomes the
standard of care for ARDS treatment, the increase in demand
for therapeutic LSs cannot be met by the current
manufacturing method (extraction of lipid and protein active
ingredients from bovine and porcine lungs).19 High-quality
polymer LSs can easily be mass-produced at lower costs. From
our study over the past several years, we have developed design
criteria for polymer LSs; a successful LS candidate should (1)
be biocompatible and biodegradable, (2) produce an extremely
low surface tension at high compression (≪ 10 mN/m)
repeatedly during multiple compression−expansion cycles, (3)
be resistant to serum proteins, and (4) (in the end) prove to
be safe and effective in preclinical (animal) models. A wide
range of polymers have been searched and tested; for instance,
see refs 30−32. Recently, we have identified a promising class
of candidate materials: polymer micelles having highly
hydrophobic cores (such as those formed by poly(styrene-
block-ethylene glycol) (PS−PEG) block copolymers). These
materials meet all the performance criteria stated above, and
additionally, these materials can easily be formulated in
aqueous injectable dosage forms. The treatment safety and
efficacy of PS−PEG micelles have been validated in ARDS
mouse models. While this finding is a significant step toward
developing alternative surfactant therapeutics, it had also
brought important scientific questions concerning mechanisms
by which these materials produce extremely low surface
tension at high compression. Answering these questions has
also been an important part of this study. The present paper
details extensive work involved in the rational design and
development of polymer lung therapeutics.

2. EXPERIMENTAL PROCEDURES
PLGA−PEG Synthesis. The PLGA−PEG material used was

synthesized by ring-opening polymerization using a tin catalyst.
Purified poly(ethylene glycol) monomethyl ether (PEG−OH;
number-average molecular weight, Mn, of 5000 g/mol, Sigma-Aldrich)
was used as the macroinitiator, and tin(II) 2-ethylhexanoate (Sigma-
Aldrich) was used as the catalyst. The polymerization reactions were
run at 130 °C. The D,L-lactide (Lactel) and glycolide (Sigma-Aldrich)
monomers were twice recrystallized from toluene (Sigma-Aldrich)
and tetrahydrofuran (Sigma Alrdich) prior to use. The synthesized
PLGA−PEG product was precipitated in 2-propanol (Sigma-Aldrich)
and dried under a vacuum before use and storage at refrigeration
temperatures.
PS−PEG Synthesis. PS−PEG materials were synthesized by

reversible addition−fragmentation chain-transfer (RAFT) polymer-
ization. 4-Cyano-4-[(dodecylsulfanylthiocarbonyl)sulfanyl] pentanoic
acid (Sigma-Aldrich) was used as the RAFT agent. First, the RAFT
agent was conjugated to purified poly(ethylene glycol) monomethyl
ether (PEG−OH, Mn = 5000 g/mol, Sigma-Aldrich) by Steglich
esterification.33 The PEG−OH (1 g, 0.2 mmol), the RAFT agent
(161.4 mg, 0.4 mmol), and 4-dimethylaminopyridine (Sigma-Aldrich,
4.89 mg, 0.04 mmol) were mixed in 10 mL dichloromethane (Sigma-
Aldrich) and kept under magnetic stirring at 0 °C. A separately
prepared dicyclohexylcarbodiimide (82.5 mg, 0.4 mmol) solution in
dichloromethane (5 mL) was drop-wise added to the above mixture

and was allowed to undergo reaction for 5 min at 0 °C and then for 3
h at 20 °C to produce “PEG−RAFT”. The as-synthesized PEG−
RAFT product was first filtered through filter paper to remove the
insoluble urea byproduct and was then further purified by
precipitation in hexane twice. The RAFT polymerization reaction
was performed at 70 °C by mixing the PEG−RAFT, inhibitor-free
styrene (Sigma-Aldrich), and a free radical initiator, azobis-
(isobutyronitrile) (Sigma-Aldrich) in dioxane (Sigma-Aldrich). The
resulting PS−PEG products were precipitated twice in hexane and
dried under vacuum.

Polymer Characterizations. The number-average molecular
weights of the polymers were determined by 1H nuclear magnetic
resonance (NMR) spectroscopy using a Bruker ARX NMR
spectrometer (500 MHz). For 1H NMR measurements, polymer
samples were prepared in deuterated chloroform at a polymer
concentration of 5 wt %. The polydispersity indices (PDIs) of the
polymers were measured by size-exclusion chromatography (SEC)
using an Agilent Technologies 12000 Series instrument equipped with
a Hewlett-Packard G1362A refractive index detector and 3 PLgel 5
μm MIXED-C columns. Tetrahydrofuran was used as the mobile
phase (kept at 35 °C, flowing at a rate of 1 mL/min). Calibration was
performed using polystyrene standards (Agilent Easi Cal).

Surface-Pressure−Area Isotherms. The surface tension-area
isotherms for Infasurf, Survanta, and polymer LSs were measured
using a KSV 5000 Langmuir trough (51 cm × 15 cm) with double
symmetric barriers. The total surface area of the trough was 780 cm2,
and the subphase volume was 1.4 L. A filter paper Wilhemly probe
was used for surface tension measurements. Before each measurement
run, the trough and the barriers were cleaned three times using
ethanol and Milli-Q-purified water. The surface of water was also
aspirated to remove any surface active contaminants. When the water
surface was completely clean, the surface tension reading did not
change during a blank compression run. LS samples were spread onto
water using a Hamilton microsyringe, i.e., by forming a microliter-
sized droplet at the tip of the syringe needle and letting it contact the
water surface. The Langmuir trough was used to create a system that
mimics the air−water interface of the alveolus. However, it should be
noted that only qualitative connections can be established between
the actual breathing process (e.g., Figure 1a) and the Langmuir trough
experiment (Figure 1b) because of the differences in such parameters
as the compression and expansion rate, surface area to volume ratio,
interfacial curvature, etc.

Polymer Micelle Preparation. The solvent-exchange procedure
was used to prepare spherical polymer micelles. A total of 200 mg of
the polymer was first dissolved in 4 mL of acetone (Sigma-Aldrich).
Then, 36 mL of Milli-Q-purified water (18 MΩ·cm resistivity) was
drop-wise added to the polymer solution at a rate of 0.05 mL/min
using a syringe pump, and the mixture was kept under vigorous
stirring for 24 h. To remove the acetone, the solution was transferred
to a dialysis bag (Spectra/Por 7, 50 kDa molecular weight cutoff) and
dialyzed for 3 h against 1 L of Milli-Q-purified water. The reservoir
was replaced with fresh Milli-Q water every hour.

Polymer Micelle Characterizations. The hydrodynamic diam-
eters of the block copolymer micelles were measured at 25 °C by
dynamic light scattering (DLS) using a Brookhaven ZetaPALS
instrument. The scattering intensities were measured using a 659 nm
laser at a scattering angle of 90 °. The hydrodynamic diameters were
calculated from the measured diffusion coefficients using the Stokes−
Einstein equation. For DLS measurements, the samples were diluted
to guarantee single scattering and were filtered with 0.2 μm syringe
filters to remove contaminants.

Transmission electron microscopy (TEM) was used to image the
polymer micelles. TEM specimens were prepared by placing 20 μL of
a 0.01−0.05 mg/mL polymer micelle solution on a carbon-coated
copper TEM grid (hydrophobically treated using a O2 plasma
cleaner). A total of 10 μL of a 2% uranyl acetate solution was added to
the sample solution already placed on the TEM grid, and the mixture
was blotted using filter paper and dried. The samples thus prepared
were imaged using a 200 kV FEI Tecnai 20 TEM instrument. The
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TEM images were analyzed using the Gatan Digital Micrograph
software.
NMR Spin-Relaxation Measurements. NMR spin relaxation

measurements were performed using a Bruker Avance-III-800
Spectrometer equipped with a sample temperature-control unit.
PLGA−PEG and PS−PEG micelle samples were prepared using the
solvent exchange procedure (described above) using D2O (instead of
H2O) as the final solvent. The PEG homopolymer sample was
prepared by directly dissolving PEG in D2O. In all samples, the
polymer concentration was 0.5 wt %. The inversion recovery sequence
was used for T1 relaxation measurements, and the Carr−Purcell−
Meiboom−Gill (CPMG) pulse sequence was used for T2 relaxation
measurements. Data were fit to single or bi-exponential decay
functions using the nonlinear least-squares regression technique.
Evaluation of the Tolerability of Intratracheally Injected

Polymer LSs in Adult Mice. In this study, C57/BL6 mice (8−12
weeks old, female) were used. Prior to intratracheal instillation of
polymer LSs, mice were anesthetized using isoflurane. Mice were then
placed on a custom-designed angled platform with its incisors hung
on a wire. The tongue was pulled out of the mouse using forceps, and
4 milliliters of polymer LS solutions per kilogram of body weight
containing different concentrations of polymers were directly dropped
into the opening of the trachea using a micropipette. Mice were left to
naturally recover from anesthesia.
For the MTD evaluation, mice were intratracheally instilled with 3

different doses of PS(4418)−PEG(5000) micelles (2.4, 24, and 240
mg/kg) and examined for 2 weeks for symptoms of toxicity (weight
loss, activity level, etc.). After day 14, mice were humanely sacrificed.
For bronchoalveolar lavage (BAL) fluid and histology analysis,

mice were sacrificed at day 7 following the intratracheal instillation of
240 mg PS(4418)−PEG(5000) micelles per kilogram of body weight.
BAL fluids were collected by injecting and recovering a pair of 0.6 mL
aliquots of ice-chilled phosphate-buffered saline. A pair of aliquots
were combined and centrifuged at 150g and 4 °C for 10 min to
remove cells and particles. Levels of albumin and four immune makers
(IFN-γ, TNF-α, MCP-5, and IL-6 cytokines) in the BAL fluid samples
were analyzed using the method described in ref 34.
Closed-Chest Pressure−Volume Analysis of Acid-Injured

Mouse Lungs after Treatment with Polymer LSs. C57/BL6 mice
(8−12 weeks old, female) were used in this study. Acute lung injury
was produced by intratracheal installation of 30 μL of 0.25 N HCl
using the procedure described above. At 5 h after acid aspiration, mice
were intratracheally instilled with 3 mL/kg of Infasurf (35 mg/mL), 4
mL/kg of PS(4418)−PEG(5000) micelles (0.6, 6, or 60 mg/mL), or
4 mL/kg of 0.9% saline. At 10 min following LS treatment, mice were
sacrificed using excess ketamine. Immediately after sacrifice, the mice
trachea was cut open by surgical incision and connected to a Flexivent
SCIREQ ventilator through an 18 g blunt-end needle (inserted into
the trachea). A prescribed ventilation sequence was executed to
obtain closed-chest pressure−volume curves. Details of the ventilation
setup and parameters used can be found in ref 34.
Regulatory Compliance Statement. All animal study proce-

dures are in compliance with relevant state and federal regulations and
also with the Association for Assessment and Accreditation of
Laboratory Animal Care International standards and have been
approved by the Institutional Animal Care and Use Committee of the
University of Michigan Medical School, Ann Arbor, MI (approval no.
PRO00007876).
Statistical Analysis of in Vivo Data. The statistical significance

of the data presented in Figure 7 was evaluated by one-way analysis of
variance using the GraphPad Prism 6.01 software (GraphPad
Software Inc., La Jolla, CA). Groups were compared by two-tailed
unpaired t test with the Welch’s correction. The observed difference is
not statistically significant if the p value is greater than 0.05. The p
values of individual experiments are summarized in Table S1.
The statistical significance of the data presented in Figure 8 was

also similarly analyzed. A one-way analysis of variance (ANOVA) was
used to determine whether there was a statistically significant
difference in effect between different treatment groups. The results
of this analysis (i.e., the p values) are summarized in Table S2.

Significance levels are defined as * (p < 0.05), ** (p < 0.01), *** (p <
0.001), and **** (p < 0.0001).

3. RESULTS AND DISCUSSION
Biocompatibility. Biocompatibility is an essential prereq-

uisite for clinical use. For this reason, our investigation has
been focused on PEGylated amphiphilic block copolymers. A
pair of examples of materials will be discussed in this article;
the first is the Food and Drug Administration approved
biodegradable block copolymer, poly(lactic acid-co-glycolic
acid-block-ethylene glycol) (PLGA−PEG),35−39 and the
second is poly(styrene-block-ethylene glycol) (PS−PEG)
(Figure 2). In their micelles, the hydrophobic PLGA or PS

chains form micelle core domains, and the hydrophilic PEG
chains form micelle coronae. In the literature, PLGA−PEG
and PS−PEG micelles have been documented as biosafe.35−39

For this study, monodisperse PLGA−PEG and PS−PEG
micelles with well-defined sizes and shapes were prepared
using the solvent exchange methodology.40,41 Although
PLGA−PEG spontaneously degrades in aqueous media over
a time scale of months. PS−PEG micelles were permanently
stable (stable for years) at room temperature. Also, these
polymer micelles did not require any pretreatment processes in
order to obtain reproducible effects. Conventional lipid-based
LSs typically have short shelf lives (<12 months) and require
cold storage (at 2−8 °C) and/or pretreatment procedures
(such as agitation and warming of the fluid) before use. This
advantage in handling characteristics alone can contribute to
effectively reducing the total treatment cost.

Extremely Low Surface Tension (High Surface
Pressure) at High Compression. The primary role of LS
is to reduce work of breathing (and thus also to prevent
atelectrauma) by lowering the alveolar air−water interfacial
tension. A wide range of polymers have been searched and
tested to identify a candidate polymer LS that produces a
sufficiently low surface tension at high compression (≪10
mN/m). Initially, we focused our study on the FDA-approved
PLGA−PEG copolymer. If spread appropriately, PLGA−PEG
forms a well-spread film at the air−water interface, commonly
referred to as a Langmuir monolayer. A Langmuir trough

Figure 2. Molecular characteristics of polymer LS candidate materials
investigated in this study. The dagger indicates a ratio of lactic acid to
glycolic acid of 47:53 by mole.
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device was used to create an in vitro lung-mimicking test
environment. When a sufficient amount of PLGA−PEG is
spread on the air−water interface beyond the full coverage
point, the PLGA−PEG polymers form a brush-coated
insoluble film, in which the PLGA segments are anchored to
the water surface (forming a slightly glassy, insoluble polymer
film), and the PEG segments are submerged into the water
subphase (forming a brush layer).30,31 In the highly com-
pressed state, PLGA−PEG reduces the surface tension of water
down to close to zero because of the combined effects of
PLGA glass transition and PEG brush repulsion.31,42 The
morphological and surface mechanical properties of Langmuir
PLGA−PEG monolayers under various monolayer compres-
sion conditions are discussed in detail in refs 31 and 30.
Figure 3 displays the surface pressure−area isotherms

obtained from Langmuir monolayers formed by

PLGA(4030)−PEG(5000); the monolayers were prepared
using two different spreading solvents, chloroform and water,
to examine the influence of spreading solvent on the properties
of the monolayer. Chloroform is the standard solvent for
preparation of Langmuir monolayers in laboratory studies;
PLGA−PEG becomes molecularly dissolved in chloroform. In
real therapeutic applications, however, chloroform cannot be
used as the spreading solvent. The formulation must be water-
based. The aqueous PLGA−PEG spreading solution was
prepared using solvent exchange. In aqueous solution, PLGA−
PEG exists in the form of micelles. As shown in the figure,
unlike the chloroform-spread PLGA−PEG monolayer, the
water-spread monolayer was unable to produce sufficiently
high surface pressure (low surface tension); in the water-
spread situation, the highest surface pressure observed was
only about 25−30 mN/m at the highest compression level
tested, which is insufficient to produce therapeutic effects.

The reason why the chloroform-spread versus water-spread
PLGA−PEG monolayers exhibit drastically different surface
tension isotherms is due to a difference in monolayer
morphology. In the chloroform-spread monolayer system, the
PLGA−PEG polymers form a molecularly spread (“anchor-
brush”) monolayer.32 In the water-spread situation, the
polymers remain in the micelle state even after being spread
on the water surface. PLGA−PEG micelles are highly water-
compatible.32 Thus, under high compression, PLGA−PEG
micelles desorb from the air−water interface and submerge
into the subphase thereby resisting to the compression (and
thereby producing high surface pressure). We have been
experimenting with water-spread monolayers prepared from
various PLGA−PEG polymers having a range of different
molecular weights (3.5−28.6 kg/mol) and PEG weight
fractions (28.4−74.3%). None of these samples have been
observed to be able to produce sufficiently high surface
pressure; even under high compression, the surface pressure
has never been seen to exceed about 30 mN/m. The details of
this study have recently been reported in a separate
publication.32

To achieve high surface pressure, we decided to explore use
of polymer micelles having stronger tendency to adsorb to the
air−water interface. Specifically, we tested micelles formed by
block copolymers containing more strongly hydrophobic
segments such as PS−PEG micelles. Although they are both
insoluble in water, PLGA and PS are very different in their
levels of hydrophobicity. PS is far more hydrophobic than
PLGA; PS has an interfacial tension with water of γPS‑water = 41
mN/m, whereas PLGA has a much smaller interfacial tension
with water (γPLGA‑water = 24.7 mN/m). For this reason, PEG
corona chains of PS−PEG micelles are expected to assume
collapsed conformations to minimize the exposure of the
hydrophobic PS domain to water; PS−PEG micelles are
overall more hydrophobic and thus have a stronger affinity to
the air−water interface than PLGA−PEG micelles (as a result,
PS−PEG micelles are expected to give rise to higher surface
pressures under compression). In the literature, collapsed
micellar PEG brush structures have been documented for, for
instance, poly(butadiene-block-ethylene glycol) (PB−PEG)
micelles (γPB‑water of 45.9 mN/m).43,44 To confirm that PEG
chains exist in a collapsed state, the mobility of the PEG brush
segments of PS−PEG micelles were investigated by in situ
NMR spin relaxation measurements; measurements were also
performed in PLGA−PEG micelles for comparison. The
longitudinal relaxation times (T1) were measured by the
inversion recovery method, and the transverse relaxation times
(T2) were measured using the Carr−Purcell−Meiboom−Gill
(CPMG) spin echo sequence; T1 is related to the chemical
structure (“fast mode”), and T2 is related to the configuration
(“slow mode”) of the chain segment.45

Between PS−PEG and PLGA−PEG micelles, it is expected
that the PEG T1 values are identical, whereas their T2 values
are significantly discrepant. NMR measurements were
performed on four representative systems: PS(5610)−
PEG(5000), PS(13832)−PEG(5000) and PLGA(4030)−
PEG(5000) micelles, and PEG(5000) homopolymers in
heavy water. For PS−PEG micelles, two separate PEG proton
peaks were observed (a sharp (“hydrated PEG”) peak at ∼3.61
ppm, and a broad (“collapsed PEG”) peak at ∼3.56 ppm)
(Figure 4a); the NMR spectra of PLGA−PEG micelles (and
PEG homopolymers) exhibited only one sharp peak of
hydrated PEG at ∼3.63 ppm (Figure 4a). The 2D 1H−13C

Figure 3. Constant-compression surface pressure−area isotherms of
chloroform-spread and water-spread PLGA(4030)−PEG(5000)
monolayers on the surface of Milli-Q-purified water (18 MΩ·cm
resistivity) at 25 °C. Surface pressure was measured during
compression at a rate of 3 mm/min. In the water spread experiments,
the mean hydrodynamic diameter of the PLGA−PEG micelles was
75.1 ± 3 nm (measured by DLS). For each solvent group,
measurements were performed in four different area ranges because
of a small (finite) compression distance of the Langmuir trough to
construct an isotherm curve over a full range of area per monomer
values; the curves from right to left were obtained, respectively, by
initially spreading 4, 16, 64, and 256 μL of 5 mg/mL PLGA(4030)−
PEG(5000) solution (in chloroform or water) on water in a Langmuir
trough with a 780 cm2 surface area and a 1.4 L subphase volume.
Note that the water-spread isotherms obtained in different area ranges
do not overlap with each other; this indicates that the water spreading
process involves significant loss of polymer to the aqueous subphase.
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heteronuclear multiple bond correlation (HMBC) NMR
spectra (Figure 4b) confirmed that the two peaks in the PS−
PEG spectra were not due to impurities. These two peaks were
separately analyzed for T1 and T2. The results are displayed in
Figure 4c,d.
As shown in Figure 4c, all four samples, including

PS(13832)−PEG(5000), PLGA(4030)−PEG(5000), and
PEG(5000) exhibited a nearly identical PEG T1 value (0.91
± 0.03 s), which confirms the validity of the measurements. To
the contrary, the measured PEG T2 values varied significantly
from sample to sample. To provide a scale of the PEG
mobility, the T2 value for 5 kg/mol PEG homopolymer melt at
100 °C was calculated; at this condition, PEG has a Rouse time
of 281.52 ps, which translates to T2 = 0.3838 s.46 Hydrated
PEG chains are expected to have longer T2 values than 0.3838
s because of their higher mobility. The T2 value for hydrated
free PEG(5000) chains was estimated to be 0.6604 s from a
fitting of the transverse decay curve to a monoexponential
function, G(t) = exp(−t/T2). The transverse decay curve of
PLGA(4030)−PEG(5000) micelles was fit better with a
biexponential function, G(t) = a × exp(−t/T21) + (1 − a) ×
exp(−t/T22) because the mobility of PEG segments vary
depending on the proximity of the PEG segment to the
grafting surface. T21 corresponded to PEG segments distant
from the grafting surface, which were largely responsible for
the overall signal intensity (a = 0.8811). T22 corresponded to
PEG segments close to the grafting surface. The T21 value of
PLGA−PEG micelles was higher than that of PEG melt and

slightly lower than that of hydrated PEG(5000), which
indicates that the PEG corona chains of PLGA−PEG micelles
were indeed fully hydrated.
For PS−PEG micelles, NMR spectra exhibited two separate

PEG peaks (as demonstrated in Figure 4a). These two PEG
peaks were separately fit with a mono-exponential function.
The T2 values obtained from the decay curves of the sharp
PEG peaks of PS−PEG micelles were comparable to the T21
value obtained from PLGA−PEG micelles, which suggests that
the sharp PEG peaks corresponds to the hydrated PEG
segments of PS−PEG micelles. However, the T2 values
obtained from the broad PEG peaks of PS−PEG micelles
were very small, even smaller than the T2 value obtained from
PEG melt, which unambiguously indicates that, in PS−PEG
micelles, substantial portions of PEG segments existed in a
collapsed state (because of the strong hydrophobicity of the PS
material).
Further, it is very interesting to note that PS(13832)−

PEG(5000) micelles has a higher fraction of hydrated PEG
segments compared with PS(5610)−PEG(5000) micelles. The
absolute concentrations of hydrated versus collapsed PEG
segments of PS−PEG micelles could be determined using an
NMR signal from pyridine added as an internal standard.
PS(13832)−PEG(5000) micelles were found to have a
significantly higher proportion of hydrated PEG segment
(34.1 ± 1.6%) than PS(5610)−PEG(5000) micelles (11.6 ±
1.6%) (see the table at the bottom of Figure 4). As shown in
Table S1, the degree of PEG brush hydration might have

Figure 4. (a) 1D 1H NMR Spectra for PS(5610)−PEG(5000) and PLGA(4030)−PEG(5000) in D2O at 25 °C. (b) 2D 1H−13C heteronuclear
multiple bond correlation (HMBC) NMR spectra for PS(5610)−PEG(5000) in D2O at 25 °C. (c) Longitudinal relaxation decay curves for PEG
protons at 25 °C. Solid curves are fits to a mono-exponential decay function (G(t) = exp(−t/T1)). (d) Transverse relaxation decay curves for PEG
protons at 25 °C. As demonstrated in panel a, spectra from PS(5610)−PEG(5000) and PS(13832)−PEG(5000) micelles exhibited two PEG peaks
(a sharp peak at ∼3.61 ppm and a broad peak at ∼3.56 ppm). The decay curves of these peaks were separately fitted with a mono-exponential
decay function. Open symbols represent broad PEG peaks, and filled symbols represent sharp PEG peaks. Spectra from PEG(5000) and
PLGA(4030)−PEG(5000) exhibited single PEG peaks (also demonstrated in panel a). The decay curve of PEG(5000) was fit with the mono-
exponential function, and that of PLGA(4030)−PEG(5000) was fit with a bi-exponential function (G(t) = a × exp(−t/T21) + (1 − a) × exp(−t/
T22)). (e) Best-fit T1 and T2 values. For all regressions the coefficient of determination (R2) was greater than 0.99. Daggers indicate fractions of
PEG segments contributing to the sharp and broad PEG peaks out of the total number of PEG segments available in the system, estimated based
on pyridine internal reference. Double daggers indicate the coefficient of the first term of the biexponential decay function, a. Also shown for
comparison is a predicted T2 value for PEG(5000) melt at 100 °C (see the text for details).
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connection with the degree of PS chain stretching and other
properties of the PS core domain such as its glass transition
temperature. The exact origin of the observed molecular
weight trend is unclear at the present time. Further
investigation is warranted. Nonetheless, these results clearly
support that PS(13832)−PEG(5000) micelles are less hydro-
phobic (i.e., contain more hydrated PEG segments) than
PS(5610)−PEG(5000) micelles and are therefore expected to
be less strongly bound to the air−water interface.
In the literature, in fact, it has been documented that surface

micelles formed by spreading a PS−PEG solution in
chloroform onto the water surface typically exhibit high
surface pressure (>60 mN/m) at high compression.47,48

Chloroform-spread PS−PEG surface micelles are anisotropic
in molecular morphology because of the asymmetry of the air−
water interface; in bulk water solution, isotropic (or
axisymmetric, at least) micelle morphologies are typically
obtained (Figure 5a). This morphological difference might
produce a difference in the surface pressure−area isotherm.
Prior to this investigation, it was unknown whether water-
spread PS−PEG micelle monolayers would be able to produce
similar high surface pressure as required for use in LS
therapeutic applications. The surface pressure−area isotherms
were measured for four different PS−PEG materials,
PS(1560)−PEG(5000), PS(2993)−PEG(5000), PS(5610)−
PEG(5000), and PS(13832)−PEG(5000) (both chloroform-
spread and water-spread). The data are presented in Figure

5b,c. For constructing a full surface pressure−area isotherm
curve over a large range of monolayer area, it was necessary to
perform multiple (two or three) measurements in different
ranges of monolayer area because of the size limitation of the
Langmuir trough. Interestingly, the isotherms obtained from
chloroform-spread monolayers over different areas super-
imposed closely on one another without breaking (Figure
5b), which suggests that when the polymers were spread from
chloroform solutions, the loss of material to the subphase was
negligible. However, as shown in Figure 5c, the curves from
different areas for water-spread monolayers were disjointed,
which suggests that the water-spreading procedure caused
some loss of material (PS−PEG micelles) to the subphase.
This trend is consistent with what was observed in experiments
with PLGA−PEG (Figure 3).
Chloroform-spread PS−PEG monolayers exhibited similar

isotherm profiles at surface pressures of≪10 mN/m regardless
of the PS block molecular weight (Figure 5(b)). When
compressed beyond the 10 mN/m surface pressure level,
higher PS block molecular weights produced steeper rises in
surface pressure for the chloroform-spread monolayers (Figure
5b). We suspect that this observation is due to the fact that
higher molecular weight PS segments result in larger-sized core
domains for the PS−PEG surface micelles.47,48 Unlike the
chloroform-spread cases, the surface pressures of water-spread
PS−PEG monolayers did not exhibit a monotonic trend with
respect to the PS block molecular weight. One notable

Figure 5. (a) TEM images of PS−PEG micelles formed in bulk water solutions. The dried micelle samples were negatively stained with uranyl
acetate. Summarized in the table at the bottom are diameters of PS−PEG micelles as determined by TEM or DLS. Daggers indicate that they
exclude elongated micelles. Molecular-packing properties of PS−PEG micelles (i.e., the micelle aggregation number, the interfacial area per chain,
the dimensionless PEG grafting density, and the degree of PS chain stretching) estimated from the TEM data are summarized in Table S1.
Constant-compression surface pressure−area isotherms of (b) chloroform-spread and (c) water-spread monolayers of 4 different PS−PEG
materials at 25 °C. Milli-Q-purified water (18 MΩ·cm resistivity) was used as the subphase. In each panel, the isotherm curves from right to left
were obtained, respectively, by initially spreading 4, 16, and 64 μL of 5 mg/mL PS−PEG solution in (b) chloroform or (c) water on the 780 cm2

subphase surface. The subphase volume was 1.4 L. The monolayer compression rate was 3 mm/min.
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observation was that in water-spread systems, maximum
surface pressure was achieved at an intermediate PS block
molecular weight; the steepest rise of surface pressure during
compression was observed with the water-spread PS(5610)−
PEG(5000) micelle monolayer (Figure 5c). Interestingly, the
water-spread PS(13832)−PEG(5000) monolayer exhibited the
lowest maximum surface pressure among all systems tested
(Figure 5c). The maximum surface pressure of water-spread
PS(13832)−PEG(5000) (10−20 mN/m) was comparable
with those of water-spread PLGA−PEG micelles. These results
are consistent with the above NMR results that water-spread
PS(13832)−PEG(5000) micelles have a higher proportion of
hydrated PEG segments (34.1 ± 1.6%) than water-spread
PS(5610)−PEG(5000) micelles (11.6 ± 1.6%). These results
suggest that appropriate values for molecular parameters (e.g.,
PS molecular weight relative to PEG molecular weight) should
be chosen to satisfy the high-surface-pressure requirement for
use in surfactant replacement therapy.
Overall, our investigation has now led to an identification of

a promising class of candidate materials that have the desired
surface tension and pressure properties for potential LS
applications: e.g., the PS(5610)−PEG(5000) block copolymer
formulated in the form of aqueous micelles. Aqueous micelle
solutions of PS(5610)−PEG(5000) exhibit excellent colloidal
stability over a long period of time; a PS(5610)−PEG(5000)
micelle sample was confirmed to reproduce the same surface
pressure−area profile after being stored at room temperature
for at least 3 months.
Protein Resistance, Safety, and Efficacy. In ARDS,

respiratory failure (atelectasis and de-recruitment of the
alveoli) is aggravated due to deactivated LSs caused by an
increased level of surface active deactivating agents such as
serum proteins.22,49 Therapeutics developed for treatment of
NRDS are not effective in treating adult ARDS, because of the
deactivation of injected LSs.11,50 The protein resistance
characteristics of PS(4418)−PEG(5000) micelle LSs were
evaluated; during the course of this study, a shortage of the
original PS(5610)−PEG(5000) sample was encountered, and
a new batch of polymer (“PS(4418)−PEG(5000)”) was
prepared that has a slightly lower PS block molecular weight
and a slightly higher PDI (Figure 2). This PS(4418)−
PEG(5000) material formed stable micelles of 47.3 ± 1.2
nm hydrodynamic diameter in water, and water-spread
PS(4418)−PEG(5000) micelles were confirmed to produce
high surface pressure (close to 70 mN/m) under high
compression similar to PS(5610)−PEG(5000) micelles. A
commercial LS, Infasurf (ONY), was used as the control;
Infasurf has been known to have the highest therapeutic effect
for NRDS treatment.51,52

The main reason why current surfactant therapeutic
formulations for NRDS (animal-extracted lipid−protein
formulations such as Infasurf, Survanta, and Curosurf) are
not effective in treating adult ARDS is the surfactant
deactivation caused by deactivating agents (e.g., serum
proteins).16,26 In this study, we first tested how Infasurf
responds to an addition of a surface active protein, bovine
serum albumin (BSA). As shown in Figure 6a, BSA deactivated
Infasurf. Upon injection of BSA into the subphase of the
Infasurf monolayer, Infasurf lost its capability to increase the
surface pressure above 60 mN/m; the maximum surface
pressure decreased (from about 65 mN/m) down to about 28
mN/m. BSA also has a similar effect on Survanta (data not

shown). To the contrary, the surface activity of PS−PEG
micelles was largely unaffected by added BSA (Figure 6b).
The safety and efficacy of the PS(4418)−PEG(5000)

micelle LS were evaluated in vivo in C57/BL6 mice (8−12
weeks old, female). The PS(4418)−PEG(5000) micelle
solution became highly viscous (i.e., non-Newtonian) at
polymer concentrations greater than about 6 wt % (60 mg/
mL). A maximum tolerated dose (MTD) study was performed.
In this MTD study, the effects of three PS(4418)−PEG(5000)
dose levels (2.4, 24, and 240 milligrams of polymer per
kilogram of mouse body weight) were studied (N = 1); fixed
volumes of polymer solutions (4 milliliters per kilogram of
mouse body weight) at 3 different polymer concentrations
(0.6. 6, and 60 mg/mL) were administered into mice via
nonsurgical intratracheal instillation (4 mL/kg represents the

Figure 6. Surface pressure−area isotherms for (a) Infasurf (10 mg;
7.14 micrograms per milliliter of subphase) with and without the
addition of BSA (30 mg; 21.4 micrograms per milliliter of subphase),
and (b) water-spread PS(4418)−PEG(5000) (10 mg; 7.14 micro-
grams per milliliter of subphase) with and without the addition of
BSA (30 mg; 21.4 micrograms per milliliter of subphase) during
repeated compression−expansion cycles. A typical experiment was
performed as follows: (1) Infasurf or PS(4418)−PEG(5000) was
water-spread on water; (2) 30 min were waited for equilibration; (3)
BSA was injected into the subphase without perturbing the Infasurf or
PS(4418)−PEG(5000) interface; (4) compression−expansion cycles
were initiated following a 10 min waiting period. The data displayed
represent the last 10 compression−expansion cycles of a total 50
continuous cycles performed after spreading Infasurf or PS−PEG
micelles. The subphase solution used contained 150 mM NaCl, 2 mM
CaCl2, and 0.2 mM NaHCO3 (pH 7.0−7.4, 25 °C). The monolayer
was compressed and expanded at a rate of 50 mm/min; one
compression−expansion cycle took 7.18 min. At the “100% relative
area”, 10 mg of Infasurf or PS(4810)−PEG(5000) was spread on
water in a Langmuir trough with 780 cm2 surface area and 1.4 L
subphase volume; “100% relative areas” corresponded to 0.972 and
12.2 square angstroms per molecule for Infasurf and PS(4418)−
PEG(5000), respectively.
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maximum tolerated volume for an intratracheal injection of a
liquid that does not cause injury or blockage in the lungs of a
mouse). Following polymer instillation, mice were monitored
for symptoms of toxicity (weight loss and behavior change
such as abnormal responses to light, sound and motion, and
breathing irregularity) for 14 days. The body-weight profiles
are presented in Figure 7a. At all dose levels, no signs of
toxicity were observed for the 14 day period. The MTD of
PS(4418)−PEG(5000) micelles is greater than 240 mg/kg.
Further dose escalation was not attempted because 240 mg/kg
already far exceeds the therapeutic dose (as will be discussed
later).
Toxicological analysis was performed on the lungs of mice

instilled with PS(4418)−PEG(5000) micelles at the 240 mg/
kg dose level; lung histology slides (N = 1) and
bronchoalveolar lavage (BAL) fluids (N = 4) were collected

at 7 days after injection. A representative H&E-stained
histological section of the lungs is presented in Figure 7b.
No histopathological changes were detected in the lungs
treated with PS(4418)−PEG(5000) micelles relative to the
untreated control. BAL fluids were analyzed for levels of
albumin (to detect permeability injury) and cytokines that
reflect inflammation (IFN-γ, TNF-α, MCP-5, and IL-6). The
results are presented in Figure 7c. As shown in the figure, the
levels of these five markers were not significantly different
between baseline assessment and 240 mg/kg PS(4418)−
PEG(5000) treatment, confirming the safety of this treatment;
see Table S2 for statistical analysis of the data shown in Figure
7c.
The efficacies of polymer LSs were tested in a mouse model

of acid aspiration-induced lung injury. Quasi-static closed-chest
pressure−volume (PV) measurements were used to determine

Figure 7. (a) Mouse body weights recorded as a function of time following intratracheal instillation of different doses of PS(4418)−PEG(5000)
micelles at day 0 (N = 1). (b) A representative H&E-stained histological section of the lungs taken at 7 days after intratracheal injection of 240 mg
PS(4418)−PEG(5000) micelles per kilogram of body weight in mice (N = 1). (c) Levels of albumin and 4 different cytokines in BAL fluids
collected from mice at 7 days after intratracheal injection of 240 mg/kg PS(4418)−PEG(5000) micelles. BAL fluids from untreated mice were used
as control. Measurements were performed in quadruplicate (N = 4). Error bars represent standard deviations. The assessment of statistical
significance is summarized in Table S2.

Figure 8. (a) Diagrammatic description of the procedures used in LS efficacy tests using acid aspiration lung injury ARDS mouse models. (b)
Closed-chest pressure−volume (PV) curves of acid-injured mouse lungs following intratracheal instillation of PS(4418)−PEG(5000) micelles at
four different polymer doses. (c) Closed-chest PV curves of acid-injured mouse lungs following intratracheal instillation of PS(4418)−PEG(5000)
micelles (0.600 mg/mL × 4.0 mL/kg), PLGA(4030)−PEG(5000) micelles (0.714 mg/mL × 4.0 mL/kg) or PEG(5000) homopolymers (0.3185
mg/mL × 4.0 mL/kg). (d) Closed-chest PV curves of acid-injured mouse lungs following intratracheal instillation of PS(4418)−PEG(5000)
(0.600 mg/mL × 4.0 mL/kg), Infasurf (35.0 mg/mL × 3.0 mL/kg), or saline (4.0 mL/kg). Also included is the curve from noninjured mice (“No
Injury”). Error bars represent standard deviations (N values shown in legends). The assessment of statistical significance is summarized in Table S3.
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the level of lung injury. Figure 8a presents a schematic
representation of the overall test procedure. The deactivation
of LS due to lung injury causes a downward shift of the PV
relationship (because of the reduced compliance of the lungs),
whereas a successful treatment with therapeutic LS would shift
the PV curve upward (because of the recovered compliance of
the lungs). In Figure 8d, reference PV curves for both healthy
and acid-injured mouse lungs are displayed (marked as “No
Injury” and “Saline (No Treatment)”, respectively, in the
figure); in other figures (Figure 8b,c) these “No Injury” and
“Saline” curves are omitted for clarity. Treatment efficacy is
gauged by how much the PV curve is shifted upward from the
acid-injured state (“Saline”) to the recovered healthy state
(“No Injury”) upon treatment. First, to determine the optimal
therapeutic dose for PS(4418)−PEG(5000), closed-chest PV
tests were performed at four different polymer doses: 0.24, 2.4,
24, and 240 milligrams of polymer per kilogram of body
weight. As shown in Figure 8b, the highest efficacy (the
greatest upward shift of the PV curve) was obtained at 2.4 mg
PS(4418)−PEG(5000)/kg. This optimal dose value is quite
consistent with the theoretical amount of surfactant material
needed to coat the whole surface area of the lungs (∼3.1 mg/
kg),27 which supports that PS(4418)−PEG(5000) micelles
indeed form an insoluble monolayer at the alveolar air−water
interface. At lower doses, polymer’s efficacy is lower because
the absolute amount of polymer available is insufficient to
cover the whole air−water interface. However, the lower
efficacy seen at higher polymer doses was unexpected; it
appears that higher doses of PS(4418)−PEG(5000) produced
adverse biological effects in acid-injured lungs. The exact origin
of this behavior requires further study.
To validate whether the efficacy of PS(4418)−PEG(5000)

micelles indeed originates from their strong tendency adsorb to
the air−water interface, quasi-static closed-chest PV tests were
also performed on less-surface-active compounds,
PLGA(4030)−PEG(5000) micelles and PEG(5000) homo-
polymers; water-spread PLGA−PEG micelles and PEG
homopolymers are normally unable to produce high surface
pressure because they are prone to desorb from the air−water
interface under high compression. For comparison with
PS(4418)−PEG(5000) micelles at 2.4 mg/kg, a dose level of
2.86 mg/kg was used for PLGA(4030)−PEG(5000) micelles,
and a dose level of 1.27 mg/kg for PEG(5000) homopolymers,
which gave the same PEG dose value (1.27 mg/kg) for all
three systems. The results displayed in Figure 8c strongly
support that in vivo therapeutic efficacy clearly correlates with
high surface pressure generating capability.
To demonstrate the role of protein resistance in producing

efficacy in treating ARDS, Figure 8d compares closed-chest PV
curves for protein-resistant PS(4418)−PEG(5000) micelles
and a protein-deactivatable commercial NRDS LS, Infasurf; see
Figure 6 for effects of serum proteins on the air−water
interfacial activities of these compounds. For Infasurf, closed-
chest PV tests were performed using a dose level of 105 mg/kg
(35 mg/mL concentration × 3 mL/kg dose volume). In
previous clinical testing of Infasurf in adult ARDS patients, an
insufficient dose (= 60 mg/mL × 1 mL/kg) has been used; the
study failed to demonstrate therapeutic benefits.13 In a
different clinical trial involving pediatric ARDS patients, a
higher Infasurf dose (= 35 mg/mL × 3 mL/kg) was tested,
which resulted in an improved treatment outcome;53 the lungs
of adult mice are known to be physiologically closer to the
lungs of pediatric patients than those of adults.2 For this

reason, we chose the 105 mg/kg dose for Infasurf. As shown in
Figure 8d, protein-resistant PS(4418)−PEG(5000) micelles
indeed produce greater recovery of acid-injured lungs than
protein-sensitive Infasurf. It should be noted that the dose level
used for PS(4418)−PEG(5000) micelles was equal to only
about 2.3% of that used for Infasurf. In a previous clinical trial
testing aerosolized Exosurf for treatment of ARDS, the
unsuccessful outcome has been attributed to low efficiency
of delivery; only less than 4.5% of injected dose (<5 mg out of
112 mg aerosolized DPPC per kg per day) reached the deep
lungs.54 The significantly lower amount of polymer needed to
produce therapeutic effect might serve as an enabling factor for
aerosol delivery of the formulation to the lung.
Our data suggest that polymer LSs have great potential for

use in ARDS therapy. Since the initial development of animal-
derived NRDS therapeutics in the 1980s, little further progress
has been achieved in this field. Aerosol delivery and synthetic
protein replacement have been the main thrust in research, but
efforts have been met with limited success.55−58 Testing fully
synthetic polymer materials for ARDS and NRDS treatments
represents a radical shift in the direction of LS research.
Polymer LSs may open the door to new therapeutic options for
the treatment of ARDS that had not previously been feasible
with conventional lipid-based NRDS therapeutics.

4. CONCLUSIONS
For the first time, the concept of using a completely synthetic
polymer material as an active ingredient in ARDS and NRDS
therapeutics is proposed, and its safety and feasibility has been
demonstrated. Polymer LS has the potential to address the
limitations of current animal-derived lipid-based NRDS
therapeutics: high production and treatment costs, limited
supply, and complex delivery procedures. Polymer LSs have far
longer shelf lives and would not require any complicated
pretreatment processes prior to use in treatment. Unlike lipid-
based LSs, the dynamic surface active characteristics of
polymer LSs do not degrade even in the presence of competing
surface active proteins. In preliminary animal studies, it was
confirmed that intratracheally administered polymer LSs can
be tolerated without causing damage to the lungs in mice and
are capable of producing dose-dependent effects on improving
the compliance of acid-injured mouse lungs in vivo. Further
research is warranted to optimize the formulation for
maximum therapeutic effect and to evaluate the detailed
short- and long-term toxicology and pharmacokinetics of the
material.
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